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ABSTRACT
Th e w o rk in  this thesis fa lls  into three sections :
(i). the developm ent and application o f a com puter sim ulation
o f the M R I experim ent based on the B lo ch  Equations inco rpo ratin g
a ll flo w  and m otion effects that w o uld be expected in  the body,
(ii).  a theoretical analysis o f factors affecting the 
e ffica cy  o f perfusion and d iffu sio n  im aging techniques and
(iii) .  the proposal and evaluation o f a new  technique fo r the 
M R I m easurem ent o f perfusion .
T h e sim ulation p ro vid ed  a po w erful analytical tool used in  the 
theoretical w ork o f this thesis. T h e m odularity o f the design
w ill enable sim ple developm ent fo r future applications.
T h e purpose o f the theoretical analysis was to reso lve m any o f  
the controversial issu es a risin g  from  the vario u s d iffu sio n  and
perfusio n im aging techniques in clu d in g  : the a p p lica b ility  o f the
vario u s techniques in  d ifferen t in -v iv o  system s, the effects o f
m otion artifacts, noise and eddy currents. Som e co n clu sio n s o f
great sig n ifican ce w ere arrived  at sp e cifica lly  the im portance
ch o sin g a flo w  m easurem ent technique appropriate to the tissue
and flo w  type and the severe effects o f m otion artifacts in  IV IM  
and phase display im aging.
F ro m  this analysis a new  perfusio n  im aging technique w as derived
w h ich  w as im plem ented and evaluated in  a p erfusion phantom  and in
the c a lf m uscle. V e ry  good results w ere achieved in  the phantom
studies, and the results fro m  the c a lf m uscle w ere prom ising. O n a 
c lin ic a l M R I system  the technique co u ld  prove very  useful.
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CHAPTER ONE 
NMR AND MRI THEORY
l
1.1 NMR/MRI THEORY
Th e phenom ena o f nu clear m agnetic resonance (N M R ) arises due to 
two properties o f n u cle i - sp e cifica lly  angular m om entum  and 
m agnetic m om ent resulting fro m  the nuclear spin angular momentum 
(sp in ).
T h e relationship between angular m om entum  (p ) and n u clear spin (I)  
is  given by
$  = Ih (1.1)
w here h is  P lancks constant.
N u cle i have a variety o f different values o f spin and a ll n u clei 
w h ich  possess angular m om entum  have an associated m agnetic dipole  
m om ent jjl. In  sim p listic term s it co u ld  be said that because the 
nucleus is  spinning (i.e. it  has sp in ) it has a resu ltin g m om ent 
caused by the m otion o f a charged particle. T h e m agnetic dip ole  
m om ent is  related to angular m om entum  by
y. = yp (1.2)
1.2 N M R  T H E O R Y
It  is  po ssib le to understand N M R  using either the quantum
m echanical o r cla ssica l description. E a ch  is  suited to exp laining
differen t aspects o f the phenom ena. C o n sid e r first the quantum
m echanical treatment.
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1.2.1 Q uantum  M echanical D escription
T he angular m om entum  p o f atom ic n u clei can o n ly have discrete  
values governed by the spin quantum  num ber I  i.e.,
p =  f i ( I ( I + l) ) I/2 (1 -3 )
Th e spin I  can be zero fo r n u clei w ith even num ber o f both
neutrons and protons e.g., 12C  and 160 ,  integral fo r n u cle i w ith an
even m ass num ber, and h a lf integral fo r n u clei w ith an odd m ass
num ber e.g., 1H , 13C  and 31P. W hen 1 =  0  there is  no resultin g
angular m om entum  and there is  no resonance. Those n u clei w ith I  >  1
have a no n-spherical nuclear charge distribution and have an
gradient
electric quadrupole moment. I f  an electric fie ld  x  is  applied across
these n u cle i then there is  splitting o f the atom ic energy levels,
and n uclear quadrupole resonance (N Q R ) is  possible. T h e effect is  
biggest in  so lid s - in  liq u id s  the effects o f a no n-spherical 
charge distribution is  averaged out by m otion.
A  second quantum  num ber m^ . is  introduced in  order to sp ecify  the
directio n  o f the angular m om entum . mj describes discrete values o f  
the angular m om entum  o f the system. In  a given direction, say z, 
the com ponent o f angular m om entum  is  given by
pz=  mffi (1 .4 )
n ij is  allow ed any o f the values I, I  - 1,..,- L  A s an exam ple, *11 
w h ich  has a spin o f a 1/2 w ill have two discrete values o f angular 
m om entum  : - l/2 h  and + l/2 h . T h is  can be visu alize d  as in  F ig u re
3
1.1 below.
Bo
Tigune 1.1 dnqulan momentum o j a  &pin MjAtem.
T h e same quantization is  applied to the m agnetic d ip o le moment 
i.e.,
flz=  Thnij (1 .5 )
I f  the n u cle i are placed into a m agnetic fie ld  B q> the system  
acquires energy shifts given by
E  =  -p  B  (1.6 )z o
o r fro m  equation (1 .5 )
E  =  -Thin B  (1 .7 )I o
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F o r n u clei w ith spin 1/2 this means that there w ill be two distinct 
energy levels, the d ifferen ce between these two being given by
A E  =  yhB (1.8)
I f  electrom agnetic radiatio n is  applied whose quantum  o f energy, 
h v , exactly m atches this energy difference then transitions m ay beO
induced and resonance occurs i.e.,
hv =  yhB (1 .9 )
S in ce fi=h/27t and v  =  CO 12%o o
co =  yB (1.10)
T h is  relationship is  ca lle d  the L arm o r equation and can be
visu a lize d  in  an energy le v e l diagram  as in  F ig u re  1.2 below .
I
A E
* * 11
=  h v c
Tiqnne 1.2 Wimple enenqq leAsel dlaqnam.
T h e relative num ber o f spins in  the two energy le v e ls are governed  
by the Boltzm ann distribution i.e.,
5
=  exp(-yhB Q/k T )
n7n+ = exp(-AE/kT) ( 1 . 1 1 )
( 1 .1 2 )
w here 11' and n+ are the population o f n u clei in  the states m  =  -1 /2
and + 1 /2  respectively, k  is  the Boltzm ann constant and T  is  the
tem perature. A t absolute zero a ll the spins are in  the energy le v e l
that corresponds to the least energy, but as the tem perature
increases the therm al energy causes changes in  the relative
populations. T y p ica l valu es fo r protons at 2 0 °C  are, A E  ^ lO ’V v
and k T  * 2 .5 x lO '3eV . T h is  m akes n'/n+ ve ry  nearly equal to one and
explains the inherent in se n sitivity  o f N M R . T h e sensitivity  can be
increased by in creasing the fie ld  B q o r decreasing the tem perature
o f the nuclei.
1 .2 .1 .1  E ffe c t  o f R .F . R a d ia tio n
T h e frequency range required to induce transitions betw een the
energy levels is  in  the radio frequency (r.f.) regio n  o f the
electrom agnetic spectrum . U pon application o f r.f. radiation,
energy w ill be absorbed by the system  causing transition o f spins
between the energy levels, but w ith an o v era ll m ovem ent fro m  the
lo w e r to the higher energy levels. T h e num ber o f spins m oving to
the higher levels w ill depend on the pow er and duration o f the
radiation. It  is  po ssib le to apply a pulse o f r.f. such that the
num ber o f spins in  the lo w er and upper energy levels becom e equal.
o
T h is  is  called  a 90 pulse. A n  in versio n  o f the population
o
d ifferen ce is  achieved w ith a 180 pulse.
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1.2.2 C lassical D escription
C o n sid e r a bar magnet p laced  in  a m agnetic fie ld . It  w ill a lign  
itse lf p a ralle l to the fie ld  directio n since this is  the direction  
o f least energy. I f  how ever, the m agnet is R ile d  it
w ill actually precess about the fie ld  direction. T h e n ucleus w ith  
its angular m om entum  can also be regarded as precessing around the 
d irection o f the fie ld  i.e., an in d ivid u a l n u clei w ith a m agnetic 
mom ent w o uld lie  at an angle 0 to the direction o f the applied  
fie ld  B  . See F ig u re  1.3.o
Z
cFiqune. 1.3 JlluAtnxxtUxn pneeesuxLon ag anqutan maervtum.
1
A  typ ical sam ple w ill contain m any thousands o f n u cle i and their
com bined effect w ill be a net magnetization M  in  the applied fie ld
d irection w ith no resultant in  the x -y  plane.
1 .2.2 .1  R o tatin g F ra m e  o f R e fe re n c e
In  order to understand fro m  a cla ssica l point o f view , how
m acrosco pic changes in  the system  can be induced it is  necessary to
change the fram e o f reference fro m  the laboratory fram e (x ,y,z) to
the rotating fram e (x ',y ',z '). I f  an observer is  p laced  in  a fram e
rotating at frequency o g  the observer w ill not see a precessing
m agnetic m om ent - it w ill appear to be stationary. T h ey w ill
therefore deduce that there is  no applied m agnetic fie ld  because
they cannot see any effect o f one. I f  a fie ld  B i is  app lied along
the x ' axis the m agnetization vector w ill rotate about this axis in
a m anner analogous to the precession about B 0. T h e angle through
w h ich  it  rotates is  given by yB t w here t is  the tim e fo r w h ich1 P P
the pulse is  applied.
In  the laboratory fram e B i corresponds to a fie ld  rotating about
the z axis at the precession frequency C0q. T h is fie ld  is  generated 
in  practice by applying an o scillatin g  fie ld  in  the x -y  plane i.e.,
along the x  axis. It  can be reso lved  into two counter-rotating
components as in Figure 1.4 overleaf.
BWiqurie 1.4 Wompaaenta <4 o&cWtiztmq. $ietd.
(T h is  is  equivalent to the separation o f po larized  lig h t into righ t 
and left handed c irc u la rly  po larized  light).
T h e two com ponents are given by
B  =  B , cosco t +  B , sinco t (1 -1 3 )r 1 o 1 o
x y
B  =  B  co sco t - B , sinco t (1 .1 4 )1 1 o 1 ox y
T he effective frequency d ifferen ce o f the com ponent rotating in
the opposite d irection to the precession is  considerable and so
this com ponent has n e g lig ib le  effect.
o o
90 and 180 r.f. pulses are a m ore appropriate concept in  the 
cla ssica l description o f N M R  because they re fe r to the angle
through w h ich the net m agnetization is  tipped. See F ig u re  1.5 
overleaf.
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1 .2 .3  O b s e rv a tio n  o f R e la x a tio n
T he process o f relaxation can be view ed  usin g either the quantum  
m echanical o r c la ssica l m odel. Fro m  the quantum  m echanical
description, as soon as the n u cle i enter a m agnetic fie ld  the 
energy lev e ls becom e separated as m entioned in  1.2.1, but the 
num ber o f spins in  each le v e l is  identical at first. H ow ever, as it  
w as noted, the eq u ilib riu m  state does not have an equal num ber o f
spins in  each level, instead it is  governed by the Boltzm ann  
D istribution. T h e term  d escrib in g the transition o f spins to an
eq u ilib riu m  state is  ca lle d  relaxation. R elaxation also causes a 
system  w h ich has absorbed r.f. radiation (and m ay now  have 
id en tical num bers in  the energy le v e ls) to lose energy and m ove
back to the eq u ilib riu m  state. R elaxation effects are also  
responsible fo r broadening o f the energy levels.
10
F o llo w in g  the tippin g o f the m agnetization into the x -y  plane (as 
described by the C la ssica l m odel), the m agnetization returns 
gradually back to alignm ent along the z axis.
A nother form  o f relaxation is  seen in  the x -y  plane. F o llo w in g  a
o
90 pulse the net m agnetization lie s  in  the plane. H ow ever, due to 
relaxation (and fie ld  inhom ogeneities) the com ponents 
o f the m agnetization begin to fan out. See F ig u re  1.6 below .
Tigune 1 .6 Tanning, out a£ cxxmpanentb, o j maqnetlgatian in x-g plane.
1 .2 .3 .1  M e ch a n ism s o f R e la x a tio n
R elaxation o ccurs through exchange o f energy - either between
n u cle i and the m o lecu lar lattice, o r between sim ila r n u clei. The  
processes are know n as spin-lattice ( T ) and spin -sp in  ( T )
relaxation respectively, and they o ccu r because o f the interactions
o f m olecules. T  relaxation is  responsible fo r transitions between
the energy le v e ls or, fro m  the cla ssica l m odel, the grow th o r decay 
o f M  along the z axis. It  is  essentially a change in  the total 
energy o f the system .
T h e probability o f spins m oving from  the low er to high er (Wty) is
related to the pro b ab ility  o f m ovem ent from  higher to lo w e r (W + ) by
the Boltzmann distribution
1 1
w y w ^  = exp(-AE/kt) (1.15)
F o r n u clei w ith spin 1/2 the rate o f change o f population between
the upper (N +) and lo w e r ( N )  is  given by
dN +/dt =  -d N /d t =  N W *  +  N  W *  (1.16 )
O r letting n =  N  - N  and N  =  N  +  N+ + +
dn/dt =  N (W ^  - W t ) - n (W ^  +  W Q) (1 .1 7 )
w h ich describes the approach to spin eq uilib riu m .
Equation (1 .1 7 ) can be rew ritten as
dn/dt =  (n  - n )/T , (1 .1 8 )O 1
w ith the substitution n D=  N (W ^  - W ^ )/(W ^  +  W t ) and 1/T  =  +  W t .
T h e solution to (1 .1 8 ) is
n =  noA .expfyt/T^ (1.19 )
T  is  therefore a m easure o f the rate in  w h ich the spin system
com es into e q u ilib riu m  w ith its environm ent.
T 2 relaxation is  responsible fo r lin e  broadening o r dephasing o f M
in  the x -y  plane and is  essentially a phase effect. B roadening
occurs due to dip o le-d ip o le interactions (see fo llo w in g  paragraph)
where the terms are as the same as those in equation (1.11).
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causing a spread in  the lo ca l fie ld  and hence a spread in  the 
resultant energies. A lso  there is  a fin ite  lifetim e o f a spin being
in  a certain le v e l due to T  relaxation, and there w ill therefore 
be an uncertainty in  the energy A E  from  the U ncertainty P rin cip le  
i.e., A E  -  h /T  .
1 .2 .3 .2  D ip o la r In te ra ctio n s
In  a liq u id  the m olecules w ill be undergoing m otion described by
B ro w n ian M otion. It  can be either rotational o r translational 
m otion. I f  these m olecules have in d ivid u a l m agnetic m om ents then 
they w ill cause tim e varyin g  perturbations o f m agnetic fie ld  in
their lo cality. I f  the frequency o f these perturbations m atches the
L a rm o r frequency o f the n u cle i then transitions w ill o ccur. These
d ip o le-d ip o le interactions depend upon the size o f the m agnetic
moment, the proxim ity o f the n u clei and the freq uency distribution
o f the m olecular m otion.
D ire ct d ip o lar interactions between the nuclear m agnetic moments 
m ake contributions to the H am iltonian o f the fo rm 1 :
w here k  and 1 describe the two nuclei, r  is  the rad iu s vector 
between the two m om ents and b is  given by
C o n vertin g to po lar coordinates, the H am iltonian can now  be given  
by
13
where
Y =  b7 y  y 1/4 (L  r , +
C =  -372 v y  i ; + £  y  
a Y  -3/2 v y  5 + s  y
C =  374 Y  £
a 7 =  374 y L  s
and
F ‘“ ) =  1 - 3cos2e ,
k l  kl
F g ) =  sin ek|co s0uc x p (-i0 t])
Fki1>= sinekicoseiciexP(+iV
Fk i )= sin2euexp(-2iy
Fu2>= sin20uexP(+2iV
w here 0 is  the angle between the m agnetic fie ld  B 0 and the
kl
in tem uclear vector r  , and (j) is  the azim uthal angle w ith
-kl Kl
respect to the x-axis. T h is  can be broken into six  term s know n as
the ‘d ip o lar alphabet’ .
ffD =  bk i [A  +  B  +  C  +  D +  E +  F ] (1 .3 2 )
w here
A  =  (1 - cos2eid) I kz ^  (1 .3 3 )
B  =  -1 /4  (1 - c o s \ ) ( l \  r  +  r k I* )  (1 .3 4 )
C  =  sin e kico sek exp( -iV ( I kz f y f y  (1 .3 5 )
D  =  sin eklcos0klexp(+i<|>tl) ( I kz I j  +  T  y  (1 .36 )
E  =  -3 /4  sin29 |dexp(-2i<[)[d) I k l [  (1 -3 7 )
F  =  -3 /4  sin20 exp(+2i<(> ) I '  I '  (1 .38 )kl kl —K —1
and w here I + =  I  +  i l  and I" =  I  - i l  .-x  -y  -  -x  -y
These term s contain inform ation about the allow ed transitions and
the lik e lih o o d  o f a transition at a particular frequency. The
energy le v e l diagram  o f F ig u re  1.2 can be expanded to show  a fu lle r
picture fo r the case o f a two spin system  in  a m agnetic fie ld  as
illustrated in Figure 1.7 overleaf.
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Tiqune 1.7 &nenqg leAset dlagnam fan a  tma &pin &gntem.
A  is  effe ctively  a static fie ld  w h ich  changes a ll the energy
le v e ls sim ultaneously such that the energy o f the system  rem ains 
the same. B  is  a ‘flip -flo p ’ interaction - one spin flip s  up as the 
other one sim ultaneously flip s  dow n. A  and B  do not change the 
energy o f the system, so do not contribute to Tty, but they do  
change the phase and so contribute to T  .
C  and D  both flip  one spin only and induce transitions across the 
energy gap o f h(0o-
E  and F  flip  two spins either up o r dow n and so correspond to
transitions o f the order o f 2fiC0o.
O ut o f the six  term s there are o n ly  fo u r that contribute to T , 
w hereas a ll six  contribute to T  . T 2 is  therefore alw ays equal to
o r shorter than T  i.e., T 2 is  a m ore effective process since there 
are m ore contributing terms.
16
A  u seful concept is  the correlation time, t  , w hich w as proposed  
by B loem bergen P u rce ll and Pound as a m easure o f the tim e that two 
n u cle i rem ain in  a given orientation (so  in fluen cin g  relaxation). 
Th ey show ed that
1.2.3.3 Factors Influencing Relaxation
w here k  is  a constant. F o r rap id  m olecular m otions l/x  ^ » co0 so 
that equation (1 .3 9 ) reduces to
l/ T  =  le t  /  (1  +  47t2Vot2)1 c c
(1 .3 9 )
l/T oc x (1 .4 0 )
c
and fo r ve ry  slo w  m otion l/x « C0o, so thatc
l / T  oc l/x (1 .4 1 )C
T h is  variatio n is  shown in  F ig u re  1.8 below .
Relaxation times
0Jot = 1 Correlation timesc
'zFLqune 1.8 eZatian time *sterunjux J  aeLa^cation time.
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T h e most effective T  relaxation therefore occurs w hen X -  l/to 0.
1 c
T 2 is  also plotted and d iffe rs  greatly from  T 1 at higher 
correlatio n tim es since fo r slo w  m olecular m otions the 
d ip o le-d ip o le interactions becom e ve ry  effective at line-bro adening  
i.e., short T 2s.
T he tem perature o f the system  also affects the e ffic ie n cy  o f  
relaxation. F ig u re  1.9 below  illustrates the am plitude o f the 
m otions at the resonance frequency.
Amplitude of morion
Tiqurie 1.9 dmplitudeci. matianA ranging, with pneqaencg.
A t lo w  tem peratures the m otions o f the m olecules are re la tive ly  
slow  so there are lik e ly  to be little  o r no m otions corresponding  
to the L a rm o r frequency. A t higher tem peratures there are m any m ore 
m otions at the L a rm o r frequency.
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1.2.4 M otion of M acroscopic M agnetization ° the Bloch Equations
T h e B lo ch  equations2 w ere derived som e 4 0 years o r m ore ago to 
describe the m otion o f the m acroscopic m agnetization in  the 
presence o f an applied m agnetic field .
T h e cla ssica l equation o f m otion o f a m agnetic m om ent in  a
m agnetic fie ld  is  g iven by
w here p is  the angular m om entum  o f a spinning nucleus and p x B  is
the torque exerted on a m agnetic moment by the applied fie ld  and B
=  B  +  B  w here B  is  in  the z direction and B , is  in  the xy-plane.- o - i  - o  - l  J c
M u ltip ly in g  (1 .4 2 ) by y  w e obtain
since JJ. = yp.
T o  fin d  the relationship fo r the bulk m agnetization allow  M  =  L  y.
H o w ever this is  over sim p lifie d  w ith relaxation effects neglected.
It  is  reasonable fo r M  to be established acco rding to theZ
equation
dp/dt =  p x B (1 .4 2 )
ydp/dt =  dp/dt =  y p x B (1 .4 3 )
dM /dt =  yM x B (1 .4 4 )
d M /d t =  ( M -  M O T  +  y (M x B )z 0 z 1 — — z (1.45)
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w here M q is  the eq u ilib riu m  value i.e., M z returns exponentially  
to the eq u ilib riu m  valu e o f M .  (See equation (1 .1 9 ))
A n d
d M /d t  =  - M / T  +  y (M x B ) (1 .4 6 )X X l* x
d M /d t  =  - M / T  +  y (M x B ) (1 .4 7 )y y 2 - - y
i.e., and M y both decay exponentially to zero w ith T 2>
C o m b in in g these equations gives
dM /dt =  y M x B  - (M A  +  M ^ )/T 2 - (M ^- M Q)k /T 1 (1-4 8 )
T h is  equation is  v a lid  in  the laboratory fram e, the rotating fram e  
is  a little  m ore com plicated. T h e tim e derivative o f M  is
3 M  /dt i+  M  3 i/3 t  +  3 M  /dt j+  M  3 i/3 t  +  3 M  /dt k +  M  dk/dt
x - x -  y y z - z -
=  (dMJdt  i  +  dMJdt  j  +  dMJdt  k )
+  (M  di/dt + M  3 j/3 t  +  M  dk/dt) (1.4 9 )x - y 4 z -
and di/dt =  w x i d j/3t =  Q)xj 3 k /3t =  G)xk
dM /dt =  3 M /3t +  co x  ( M i  +  M  j  +  M k )  (1 .5 0 )x- z-
or
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(dM /dt) =  (d M /d t) . +  co x  (M  i  +  M  j  -l- M  k )
fixed - rotation - x- z-
i f  (d M /d f) = y M x B
" fixed **
then
(dM /dt) . =  y M  x  B  - co x  M
- rotation
=  y M  x  (B  +  cp/y) 
=  y M x B „
* - -eff
w here
?eff -  + ?1  *
=  (B Q+  oo/y)k +  B ^
I f  co =  y B 0 (in  the absense o f B ,) then B  =  0.—  f—  1 — err
W ith  a ll the relaxation term s added
dM /dt =  7 M x B eff - ( M J  +  M ^ )/T 2 - (M ^  M Q)k /T 1
T h is equation is  fundam ental in  describing the m otion  
m agnetization and form s the basis o f the sim ulation  
Chapter Four.
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(1.51)
(1 .5 2 )
(1 .5 3 )
(1 .5 4 )
o f the net 
described in
F ig u re  1.10 illustrates the basic com ponents o f sign al detection.
z
1.2.5 D etection  o f R .F . Signal
Wiqune 1 .10  Wchematic diaq/iarri <4 R.S'. detection.
T h e axis o f the soleno id (r.f. c o il) is  placed perp en d icular to the 
m agnetic fie ld . I f  an r.f. pulse is  applied, the m agnetization is
tipped into the x -y  plane (o r at least it w ill have a component in
o
the plane fo r a non-90 pu lse) and w ill then rotate about the
z-axis. T h e effect o f this precession is  to generate a rotating  
m agnetic fie ld  w h ich cuts the solenoid. A n  o scillatin g  fie ld  w ithin  
a solenoid w ill produce an E M F , and it  is  this w h ich is  detected.
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1.2.6 N M R  Pulse Sequences
R elaxation tim es can p ro vid e im portant p h ysio lo g ica l inform ation  
about structure and functio n and as such are o f great interest to
the clin icia n . H ow ever, in  order to m easure T  and T 2 it is
necessary to apply a sequence o f r.f. pulses.
1.2.6.1 M easu rem en t o f T  R e la x a tio n
In  order to m easure T  it is  necessary to m onitor the rate at 
w h ich the eq u ilib riu m  state is  restored. In  the cla ssica l treatment
this is  equivalent to m onitoring the grow th o f the net
m agnetization M  along the z-axis. T h e phase o f the detector is
referenced to the transm itted r.f. so that it essentially detects
along a fix e d  axis in  the rotating fram e in  the x -y  plane. In  order
to m easure T  it is  therefore necessary to ‘tip ’ M  into the x -y
plane, m onitoring the size o f the received  signal as a function o f  
the in ter-pulse time.
T h e In ve rsio n  R eco very sequence is  a standard technique fo r the
m easurem ent o f T  , and is  illustrated in  F ig u re  1.11 overleaf.
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180°
O
90
z
Tiqune 1.11 JrmenAion Reecmenq pui&e sequence.
T h e first r.f. pulse o f the p a ir disturbs the therm al eq uilib riu m
w h ilst the second acts as a detection pulse. A  suitable tim e needs
to be left between p airs o f pulses in  order fo r M  to have recovered  
fu lly . T h e tim e between successive p a irs o f pulses is  calle d  the
repetition tim e, T R , and is  u su ally  o f the order o f 5T^
T h e equation d escrib in g the dotted lin e  o f F ig u re  1.11 is  found by 
assum ing that eq u ilib riu m  is  established exponentially (from  
equation (1 .1 9 )) i.e.,
d M /d t =  - ( M -  M  )/T  (1 .5 5 )z z o l
T h is is  then solved fo r M  (0)=-M ..The solution isZ
M  (t) =  M  (1 - 2ex p (-t/T  ))
z o 1
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(1.56)
1.2.6.2 Measurement o f TQ Relaxation
I f  T 2 relaxation w as the o n ly m echanism  by w h ich dephasing o f the
sign al in  the x -y  plane occurred, then T 2 co u ld  be m easured as the
exponential decay o f the F ID . U nfortunately this is  not the case.
It  is  not p ra ctically  po ssib le to achieve a perfectly hom ogeneous
B q m agnetic fie ld  and as a result, different spins ‘ see’ sligh tly
different fie ld s and so their precession frequencies are sligh tly
different. T h is  leads to dephasing o f the signal in  addition to
that caused by T  relaxation.J 2
H ahn devised a w ay o f overcom ing this effect in  what is  calle d  a
3 o o
spin-echo sequence . It consists o f a 90 and 180 pulse
illustrated in  F ig u re  1.12 below .
90° 180
I * . -------------------  X ----------------------------------------   X  “ H
cFiqune 1.12 Wpin &cha putae, sequence.
F o llo w in g  the 90 pulse M  is  tipped into the x -y  plane and then 
begins to decay v ia  T 2 relaxation and inhom ogeneity effects. S and 
F  re fe r respectively to slo w er and faster precession w ith respect
o
to CDo. F o llo w in g  a 180 p u lse the spins are ‘reflected ’ and com e 
back into phase - reversin g the effect o f the inhom ogeneity o f the 
fie ld . T h e signal reform s at 2x (o r the echo tim e, T E ) w ith a
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decrease in  m agnitude fro m  the beginning o f the sequence governed  
on ly be T . T h e equation d escrib in g the decay o f the m agnetization  
in  the x -y  plane is  found by assum ing that
d M  /d t =  -M  /T  (1 .5 7 )
xy xy 2
i.e., M  decays exponentially aw ay to zero. Thereforexy
M y(t) =  M 0exp (-t/T 2) (1 .5 8 )
T 2 can be determ ined by repeating the pulse sequence several times 
w ith a variety o f values o f T.
4 °
A ltern atively  the C a rr-P u rce ll sequence applies a 90 p u lse then
o
a train o f 180 pulses each separated by 2%. T 2 can then sim p ly be
m easured by tracing the decay o f the echo sizes. T h is  reduces the 
tim e o f the experim ent because it is  not necessary to w ait 5Tl
between each detected signal.
o o
It  should be noted that i f  the 90 and 180 pulses are applied
along the same axis in  the rotating fram e then the detected ‘ech o’
w ill o ccu r alternately along the y ' and -y' (o r x  and -x ') axes.
o
U nfortunately i f  there is  inaccurate setting up o f the 180 pulse
the erro r w ill be com pounded on successive applications.
A  sim ple but im portant variatio n o f this sequence is  to apply the
o o o
180 pulses w ith a phase sh ift o f 90 to the o rig in a l 90 pulse.
T h is has a tw o -fold effect : a ll the echoes w ill now  o ccu r along
the sam e axis i.e., w ill a ll be o f the same phase and, m ore
0
im portantly, any in accuracy o f the 180 pulses w ill be canceled out
0
by successive 180 pulses. T h is  is  know n as the
26
C a rr-P u rce ll-M e ib o o m -G ill (C P M G ) sequence5.
1.2.6 .3  E ffe c t  o f D iffu s io n
o
T h e 180 pulse o f the spin-echo sequence is  able to rephase spins
assum ing that after in versio n  the spins w ould ‘ see’ the same
m agnetic fie ld  and so w o uld continue precessing at the same
frequency. H ow ever i f  d iffu sio n  o f m olecules is  o ccu rrin g  then the 
spins w ill be m oving and experiencing different fie ld s and thus
precessing at differen t frequencies. There can be no perfect 
rephasing o f these spins leading to additional attenuation. T h e
equation d escrib in g d iffu sio n  attenuation in  a spin echo sequence 
is  given by6
S (2 t )/S (0 ) =  e x p (- 2 f D G V /3 )  (1 .5 9 )
w here S (2x) is  the echo am plitude, S (0 ) is  the am plitude at the 
beginning o f the F ID , % is  the delay between the two r.f. pulses, D  
is  the d iffu sio n  co e fficie n t and G  is  the strength o f a steady 
lin e a r m agnetic fie ld  gradient. The attenuation can be m in im ized by
keeping % ve ry  short, how ever d iffu sio n  coefficien ts are very  
u seful and are often m easured from  the attenuation o f the echo  
signal.
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1.3 M A G N E T IC  R E S O N A N C E  IM A G IN G  T H E O R Y
In  order to produce an im age o f an object it is  necessary to 
obtain spatial inform ation from  the detected r .f  signals. In  
conventional M R I it  is  norm al to select a slice  through an object 
and d isplay its 2 D  cross-section, so there m ust be inform ation from  
three orthogonal axes.
1 .3 .1  S ta n d a rd  2 D F T  Im a g in g  T e c h n iq u e
T h e fo llo w in g  is  a b rie f description o f the m ost com m on fo rm  o f 
im age generation - tw o-dim ensional F o u rie r T ran sfo rm  (2 D F T ) 
im aging. Throughout this thesis the cartesian coordinates x, y, and 
z w ill represent frequency encoding, phase encoding and slice  
selection respectively.
1 .3.1 .1  S lic e  S e le ctio n
I f  a square shaped r .f  pulse is  applied to a sam ple then this w ill
excite a ll o f the spins w ithin the probe. In  order to select a
w ell-d efin ed  s lice  w ithin the sam ple re ca ll that the L arm o r
equation states that the frequency o f precession is  proportional to
the applied m agnetic fie ld .
C0o =  y B 0 (1.6 0)
I f  a m agnetic fie ld  gradient is  applied then the frequency becom es
28
proportional to position (r) within the gradient
co0 =  yB  +  y G .r (1.61)
S o in  order to select a slice  a bandw idth o f frequencies is  
required  w h ich corresponds to the desired slice  thickness.
T h e F o u rie r T ransform  o f frequency is  tim e. Th e two are related by
oo
f(t) =  1/271 f  F(co) exp(icot) dco (1 .6 2 )
F o r a rectangular bandw idth in  frequency space the corresponding
7
shape in  tim e is  a sine, illustrated in  F ig u re  1.13 below  .
s in c (x ) n «
W'iqMne. 1.13 nelatlan&hlfi faetween nectangle and Mac.
A n  r.f. pulse m odulated b y a sine shaped envelope is  therefore
transm itted during application o f a gradient w h ich selects the
re qu ired  slice  as in  F ig u re  1.14 overleaf.
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R F  pu lse
Tigune 1.14 Jilo e  ^selection &g gnadient and Tine, put&e.
A n  appropriate slice  is  then selected according to
z =  n/yG  t (1 .6 3 )
zp
W here z is  the s lice  thickness, G z is  the applied gradient, t is
the duration o f the r.f. pulse and n is  the num ber o f nodes o f the 
r.f. pulse.
T h e position o f the s lice  can be changed by varyin g  the frequency
o f the transm itted pulse because fro m  (1 .6 2 ) co «  r.
T h e second ‘lo b e’ o f the slice  selection gradient (F ig . 1.16) is
required  to refocus the spins that acquired phase due to the
presence o f the in itia l gradient.
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1.3.1.2 Frequency Encoding
A s ju st m entioned, in  the presence o f a m agnetic fie ld  gradient
the frequency o f the spins is  proportional to position in  the
gradient direction. If, w h ilst the sign al is  being received, a
gradient is  applied as in  F ig u re  1.15 then this w ill spatially
encode the inform ation.
Jigune  1.15 Jnequencg encoding, Eg applicotion of gnadient
T he sign al from  these sam pling points is  g iven by
w here D (x ) is  the density o f protons as a function o f x. I f  this 
sign al is  F o u rie r Transform ed it is  equivalent to changing dom ains 
between tim e t and yG  x  (w here in  fact x  is  the only variable).Itl X
Therefore, the F o u rie r T ransform  o f the tim e data g ives spatial
inform ation.
F ig u re  1.16 o verleaf show s a typical object and the F o u rie r
T ran sfo rm  o f the signal acquired fro m  it w h ilst applying a 
gradient. T h e shape o f the graph is  ca lle d  the projection o f the
R F  signal
G X
S =  D (x )e x p (it (yG  .x ))m  m  x
(1.6 4 )
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object - the ve rtical axis w h ich  show s the absorption is
proportional to the density o f protons and the horizontal or
frequency axis is  proportional to distance.
Wiqune 1.16 Perfection o] an otifect piam piequencg encoding..
S ince the gradient is  applied durin g the period w hen data is
acquired it  is  often called  the read gradient. The tim e between
sam ple points determ ines the total bandwidth, and the size o f the 
gradient determ ines the spread o f frequencies o f the object w ithin  
the fie ld  o f v ie w  (F O V ). O nce the bandw idth is  d efined by the
sam pling tim e it  is  po ssible to choose the F O V  (xTOT) or the read  
gradient strength. Frequency is  related to gradient strength by
®  =  1 G x t o t  ( L 6 5 )
o r since co =  27t/f
2jtf = yGxTOT (1.66)
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rearranging this gives
G x =  27tf/(yxTOT) (1 .6 7 )
1 .3 .1 .3  P hase E n co d in g
It  w as seen in  1.2.2 that the F o u rie r T ransform  o f the signal 
sam pled in  real-tim e gives rise  to a p ro file  o f the object along  
one direction. It  is  in  fact possible to acquire inform ation fo r 
the perpen dicular direction by sam pling in  another ‘dim ension’ .
F ig u re  1.20 shows the tim ing o f the phase encoding gradient.
Tiqune 1 .20  Phane encoding, gnadlent.
T h e size o f the gradient is  increm ented from  ‘ scan’ to ‘ scan’ . The  
effect o f the gradient pu lse is  an additional phase sh ift to the 
spins w h ich varies lin e a rly  w ith y. The increm ental increase in  
gradient am plitude causes a w hole range o f phase shifts variations 
as show n in  F ig u re 1.17 overleaf.
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inc 3
cFLqure 1.17 Phare ohiftr reruUing pxom incremental gradient
increased.
I f  the signal is  detected w ith a phase sensitive detector (see
3 .1 2 .3 ) then it w ill detect the sign al varyin g  sin u so id ally  w ith
distance y, im p lyin g  a range o f spatial frequencies. T h is  is
illustrated in  F ig u re 1.18.
<i>
i
fig u re  1.18 fPpatial piequencier detected Eg P!PT).
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The signals from each o f the gradient increments n is given by
S =  D (y )e x p ((iy T G  ).y ) (1.68 )
n y
w here D (y ) is  the density o f protons as a function o f y  and T  is  
the duration o f the phase encoding gradient. Equation (1.6 9 ) can be 
rew ritten as
S =  D (y )e x p (i®  .y) (1.69 )
y
Equation (1.6 9 ) is  one h a lf o f a F o u rie r T ran sfo rm  p a ir w h ich  
transform s to g ive spatial inform ation from  spatial frequencies.
T h e equation governing the gradient strength, tim e and F O V  (y TOT) 
is  given by
d G y =  27t/CyyTOTT ) (1 .7 0 )
35
1.3.2 Im aging Sequences
A  huge variety o f im aging sequences exist to date, this section  
w ill be lim ited  to three key sequences used in  flo w  im aging. These  
are spin echo, gradient echo and echo planar im aging.
1.3.2.1  S p in  E c h o  Im a g in g
T h is im aging sequence is  based upon the spin echo sequence 
described in  1.1.4.2. T h e tim ing diagram  below  in  F ig u re  1.19 
illustrates the m ain com ponents o f the sequence.
R F  sign al
G
G
G
#
Tlgune 1.19 Timing, dhaqrvam &pin echo imaging sequence.
o o
It is  show n w ith selective 90 and 180 pulses but it should be
noted that it is  not necessary fo r both pulses to be selective. I f
0 o
the 90 is  selective (o r soft) and the 180 is  non-selective (o r
hard), then there w ill s till o n ly be sign al fro m  the slice
o o
selected by the 90 because a ll those spins excited by the 180
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so w ill not have been tipped into the x -y  plane. T h e same is  true
o o o
o f a hard 90 and a soft 180 . O nly spins w h ich see both the 90
o
and 180 w ill contribute to the echo.
(i.e., all the sample) will not have seen the original pulse and
1 .3 .2 .2  G ra d ie n t E c h o  Im a g in g
A n  alternative to rephasing spins w ith a 180 pulse is  to apply a 
gradient. A n  echo w ill be form ed at a tim e 2x w here x is  the tim e 
from  the beginning o f the sequence to the centre o f the rephasing  
gradient. T h is sequence is  illustrated below  in  F ig u re  1.20.
R F  sign al
G
V
Tiqune 1 .20  Timing, dhagncun <4 qnadient echa imaging, sequence.
1 .3 .2 .3  E c h o  P la n a r Im a g in g
E ch o  planar im aging (E P I) w as the forerunner o f the rap id  im aging
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techniques and was proposed in  1978s. U n lik e  conventional im aging  
techniques w h ich  requ ire the w hole sequence to be repeated a num ber 
o f tim es to spatially encode in  the second direction, a ll o f the 
spatial inform ation can be obtained in  one scan. T h e group o f rap id  
im aging sequences w h ich  E P I initiated are therefore know n as 
single-shot im aging techniques.
In  order to understand how  E P I w orks it is  necessary to consider 
the experim ent in  the spatial ffquency o r k-space dom ain. T h e  
concept is  w ell-d efined  in  optics w here it represents frequency  
space. In  N M R  the spatial frequency inform ation is  related to the 
application o f the gradients. T he relationship is  given by
kn(t) = V f  Gn(S) dS (L 7 1 >J o
w here k n is  the k-space displacem ent along the G n axis.
Th e k-space representation is  show n in  F ig u re  1.21 below .
W'Lqune. 1.21 k -^px rce.
In  the conventional im aging experim ent, data is  obtained d uring
application o f a frequency encoding gradient (equivalent to
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tracking along the k  a xis) and the phase encoding gradient
° frequency
is  increased lin e a rly  fo r each scan (equivalent to trackin g along  
the k  axis). T h is  can be visu alise d  in  the fo llo w in g  k-space
phase ^
diagram  in  F ig u re  1.22.
^  "
_
Tigure  1.22 k~<xpace representation of comzentional imaging
experiment.
Th e E P I technique obtains a ll o f the required k-space data in  
ju st one scan. F ig u re  1.23 below  show s the tim ing diagram .
t t ta b c
RF
slice
gradient
_j
phase
gradient
read
gradient
fig u re 1.23 Tuning diagram  of the SPT sequence.
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A fte r an r.f. pulse the phase and frequency encoding gradients 
are sim ultaneously applied. The frequency encoding is  ra p id ly  
sw itched fo r an appropriate num ber o f tim es (u su ally  64) u n til a 
data set is  obtained. T h e k-space diagram  below  in  F ig u re  1.24  
illustrates what happens.
ky
t 4
— **• k
X
Tiqune 1.24 k-&pace nepneneritatUm e&penimeixt.
T h e technique is  problem atic due to the k-space not being sam pled  
u n ifo rm ly  so leading to d ifficu ltie s in  carryin g  out the F o u rie r 
transform s. M any different techniques have been proposed to
9 10
overcom e these d ifficu ltie s w ith good results ’ .
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CHAPTER TWO 
FLOW AND MOTION IN THE HUMAN BODY
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2.1 INTRODUCTION
T h e hum an body is  m ade up o f m any com plex interdependent flo w
system s, their b asic purposes being to either d e liv e r o r rem ove
substances e.g., oxygen, nutrients, blood, waste products. 
D epending upon the task, these flo w  system s are structured in
differen t w ays, d e live rin g  different am ounts o f flu id  to and from  
their destination. F ig u re  2.1 below  illustrates the fo u r basic
flo w  system s.
Intra- and extra-cellular diffusion
Tiqxine 2 .1  Wlaw WgctemA in the. human &ady.
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2.2 MAJOR BLOOD VESSELS
These vessels run between the heart and the rest o f the body and
are estim ated to ca rry  o f the order o f 8400 litres per day11. Th ey  
have th ick  im perm eable w a lls - transport o ccu rrin g  o n ly  along the
d irectio n  o f the vessel.
T h e arteries w h ich rem ove blood fro m  the heart have w a lls w h ich
are b u ilt up o f several d ifferen t layers o f tissue and m uscle. T h e
clo se r the artery is  to the heart the greater the am ount o f elastic 
tissue in  the vessel w a ll there is  in  order to sm ooth out the
stroke o f the heart. T h e furth er the artery is  from  the heart, the
greater the proportion o f sm ooth m uscle. In  m any places there exist
anastomoses w hich are alternative routes along w h ich the blood can
flo w . These are im portant should there be a blockage along one o f
the other paths.
T h e arteries branch dow n into sm aller vessels called  arterioles
w hose w alls are com posed alm ost entirely o f sm ooth m uscle. These  
d e liv e r blood to the organs and tissue.
■ T h e ve in s are the vessels w h ich  fo rm  the return c irc u it back from
the arteries (through the ca p illa rie s - see section 2 .3 ) to the
heart. Th ey start o ff as venules (the equivalent o f arterioles)
and branch back to larg er and larg er vessels fin a lly  re-entering
the heart through the two venae cavae. They are o f sim ila r
com position to arteries except that the vessel w a lls are thinner
and the o v e ra ll diam eter larger.
In  strategic places there are arteriovenous anastomoses w hich
bypass the ca p illa rie s fo rm in g direct connections between 
arterioles and venules. These are im portant in  enabling a faster
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flow o f blood such as in rapid regulation o f temperature in the
skin.
2.3 M IC R O C IR C U L A T IO N
The microcirculation forms the junction between the arterious and 
venous sides o f the circulation and it is here that transfer of 
substances occur.
The capillary volume does not fill the whole space. In fact it is
typically only o f the order o f 2-3% o f the volume o f tissue13.
The vessels making up the microcirculation are called capillaries
and are the smallest in the body with an average diameter o f around 
5pm 14. Since the purpose o f capillaries is delivery and uptake o f
molecules their walls have to permeable. The exact construction o f
the vessel walls depend on the location of the capillaries, but
there are three different types12 :
(i). non-fenestrated i.e., continuous sheaths o f endothelial
cells with lOnm gaps between cells. This distance is suitable for 
diffusion o f water-soluble substances,
(ii). fenestrated capillaries which are endothelial 
intracellular openings permitting large and rapid transfer o f  fluid 
and
(iii). discontinuous capillaries which possess a thin layer of
endothelial cells interspersed with large gaps between the cells. 
These are suitable for exchange o f large protein molecules.
These are illustrated in Figure 2.2 overleaf12.
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The arrangment o f the capillaries varies for different parts o f  
the body. In most organs there is random branching o f the capillary 
network and hence an essentially isotropic pattern of flow.
This is illustrated simply in Figure 2.3 below.
Tlqune 2.3 Random &nanohlnq cxxpiLtanie&.
The speed o f the flow within these capillaries determines the
‘regim e’ o f the flow i.e., whether the flow changes direction
during measurement time or not. The terms given to these two
regimes are incoherent and coherent respectively.
In some parts o f the body e.g., the muscles o f the limbs, the
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capillaries are arranged essentially anisotropically.
The orientation o f the capillaries and the regime o f the flow
affect how the flow can be detected as can be seen later in 2.6.3.
There are three mechanisms for transport across the capillary
walls - filtration-absorption, diffusion and micropinocytosis12.
Filtration-absorption is governed by hydrostatic pressure on the 
vessel wall. The rate o f  filtration-absorption is very slow - only
0.3% o f the rate o f blood flow. The process regulates the blood
volume o f the capillaries.
Diffusion on the other hand is the process whereby nutrients and 
waste products are transferred to and from the tissue cells.
M olecules which are lipid-soluble (oxygen, carbon dioxide etc.)
can diffuse across any part o f  the capillary wall through the
plasma wall o f the endothelial cells. Lipid-insoluble molecules 
(glucose, NaCl, serum etc.) are limited to diffusing through 
intracellular pores. Calculations o f diffusion rates are complex
but, for example, the rate o f diffusion o f water across the
capillary wall is forty times the rate o f blood flow. (This figure
varies for different size and types o f molecule.)
The third transport phenomena is micropinocytosis which is very 
slow and contributes insignificantly to the total capillary 
exchange. It involves the transport o f macromolecules which cannot 
undergo diffusion. Details o f  this process are sketchy, but
electron microscope studies have revealed ‘vacules’ (fluid filled  
space in cell) which seem to have been in the process o f
traversing the endothelial cells o f the capillary wall.
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2 .4  L Y M P H A T I C  S Y S T E M
The body’s tissues are bathed in a fluid which constantly
traverses the capillary walls. Most o f it is taken up by the
capillaries and travels back through the venous system. The
remainder flow s through the lymphatic system which is the network
through which lymph flows. Lymph is the substance which carries
away infecting organisms such as viruses and bacteria. The network 
begins as blind capillaries in the tissue and goes on to form  
vessels which pass through lymph nodes and finally empty into veins
at the root o f the neck. Lymphatic capillaries are o f a similar 
construction to blood capillaries and are found in the same
location. It is thought that proteins pass through to the lymph
system by diffusion through the capillary walls.
2 .5  M O T IO N  OF TH E B O D Y
• In addition to flow  in the body there are various types o f motion
which accompany normal bodily function. The force behind the blood
flow  is the beating heart - this motion affects the whole chest
area. Another obvious motion accompanies the inhalation o f  oxygen  
into the lungs. This respiratory motion affects the chest and
abdomen. Other motion effects are due to the eyes and movements in 
the gut.
2 .6  P A T H O L O G I C  F L O W
Normal patterns o f flow  in the body are obviously highly complex 
but when disease or injury occurs this very often disrupts or 
destroys the pattern - the new one that is established can be
indicative o f the original event and subsequent effects.
For example, narrowing o f the major coronary vessels causes 
angina. This would readily be detected on an ECG (recording o f
currents in the heart) or the restricted vessel could be pictured
on an angiogram (a ‘map’ o f blood vessels). Tumours, whether
benign or malignant, can also alter the normal flow  pattern.
Increased flow  may result due to vascularization o f  the tissue, or
there could be a complete flow void (necrosis). A  map o f the
microcirculatory flow  would enable this to be seen. Another 
example would be in the rupture o f the blood brain barrier where
fluids would cross over a previously restraining barrier.
It is therefore o f great importance to be able to monitor or 
measure flow  patterns in the body.
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2 .7 . N M R  D E T E C T IO N  O F  F L O W  A N D  M O T IO N
As just described in 2.1 there are many different types o f flow
systems. Each o f these will have a different effect on the NMR
signal and there will consequently be different detection methods
depending upon the type o f flow  being investigated.
Some o f the motions in the body will be indicators of
physiological states and so are actively measured whilst others
will simply be a nuisance and techniques exist which seek to
minimize their effects.
There are currently three different distinct types o f flow  that
can be detected. These are macroscopic flow , diffusion and
capillary flow.
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2 .7 .1  M a c r o s c o p ic  F lo w
This term describes the flow  that occurs in the major blood 
vessels o f  the body. The dimensions o f the vessel are such that 
they occupy several pixels on an image. Depending upon the sequence 
being executed, macroscopic flow  may appear on an image as a 
decreased or increased intensity, or as a blur or as an artifact. 
It can also be detected in the phase o f  an image.
There are several different methods o f detecting macroscopic flow  
with the following forming the main categories.
2.7 .1 .1  T im e o f  Flight E ffec ts
o o
In a spin echo sequence with selective 90 and 180 pulses, if
o
nuclei flow  at such a rate that they ‘see’ the 90 pulse but not
o
the 180 , as they m ove out o f the image plane, they w ill not be 
rephased and therefore w ill not contribute to the spin-echo. This
is known as spin washout. The absence o f signal in part o f an
image may therefore be a pointer to the presence o f flow  
perpendicular to the image plane.
For nuclei flowing at relatively slow speeds, an enhancement o f
the signal can be observed. Stationary nuclei within the defined
slice, are partially demagnetized due to the r.f. pulses - fresh
nuclei flowing into the slice w ill be fully magnetized and so will 
provide a greater signal intensity. The resultant effect is a
signal greater than that for stationary nuclei alone and is called
slow flow enhancement15.
Experiments exist which use time o f flight phenomena to ‘track’
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flow and give quantitative measurements. The advantage o f these
techniques is that there is no upper limit to the flow rate that
can be measured. The most simple experiment is where there are two 
parallel spatially offset planes for excitation and refocusing16. 
Velocities can be deduced from velocity=displacement/TE where TE is 
the echo time. Variations on the theme include standard multiple
17spin-echo sequences and excitation planes orthogonal to the
rephase slice18.
2 .7 .1 .2  Phase Techniques
Nuclei will experience phase changes due to the different 
gradients and r.f pulses within the sequence. For stationary nuclei 
in a spin echo sequence all the phase changes cancel each other out 
- the 180° pulse rephases the fanning out o f the spins in the 
rotating frame, and the gradients are balanced which negates their 
effect. However for moving nuclei the phase changes w ill not be 
cancelled out as is illustrated in Figure 2.3 below.
0
1 T 180° T
Fj
3
«*------------- -®J h-------------- H
1 2 
^   to  *1*  to  ^
Tigure 2.3. Timing diagram £ar a standard spin echo sequence.
F o r  the sequence illu s tra te d  in  F ig u re  2 .3  the phase <j> a t the
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centre  o f  the echo is  g ive n  b y
cj)(2to)/y == J  ( AB + gz -+ gvt ) dt
rt°
+ ( AB + gz + gvt) dt (2.1)
J 2to
where AB is the change in field due to the gradient, g is the flow  
encoding gradient strength in the direction o f flow , z is the
position and v is the velocity. Expanding this
rt o pti+T
<j)(2t )/y = AB dt + ( gz + gvt ) dt
J o J ti
f to pt2+T
+ I AB dt + ( gz + gvt) dt (2.2)
J 2to J t2
= ABto + [ gzt + gvt2/2  
+ t ABt Ifc+T + [ gZt + gVt2/2 lu + T
(2.3)
= -gvT(t2-ti) (2.4)
»*• (}> = -ygvT(t2-ti) (2.5)
where T is the duration o f the gradient and (ty-ty) is the
difference in time between the beginning of the second gradient and 
the first.
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This phase can be view ed directly by calculating a phase image 
from the real and imaginary parts o f the signal - the intensity o f 
the image being proportional to the velocity o f the nuclei. A  
problem with looking at the phase o f the signal is aliasing. The
range o f  velocities needs to provide a phase change in the range o f  
-k to to avoid ambiguity. Axel has suggested a method whereby 
phase aliasing in an image may be corrected19. They looked at the 
phase variation with position assuming smooth variations. Where a
discontinuity was found they deduced that it was due to ‘phase
wrapping’ and therefore the +/- 7t jump could be restored and the 
correct velocity obtained.
Spins which undergo acceleration will also acquire a phase that 
w ill not be cancelled out.
(The gradients shown in Figure 2.3 could be the frequency
encoding gradients or an additional pair o f flow  encoding
gradients.)
2 .7 .1 .3  Rephasing E ffects
The signal from flowing material can be refocused in several
different ways. If the flow  consists o f constant velocity then one
20can take advantage o f even echo rephasing . This is an enhancement 
o f the NMR signal for even echoes o f a multiple spin echo sequence. 
At the first echo rephasing due to the 180 pulse is incomplete due
o
to flow  but following an additional 180 pulse rephasing is 
complete, producing a more intense second echo. Figure 2.4 
overleaf illustrates this phenomenon.
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1/
T ig u n e  2.4 R h o n e  d la g n a m  a$ a n  ej&en e c h o  se q u e n c e .
Alternatively, specially designed gradient waveforms can be used
to compensate for different orders o f flow  (i.e., velocity,
acceleration, pulsatility etc.) Figure 2.5 below illustrates this.
velocity
180°
Tigune 2.5. Tiaw compensating gnadXent waAsefanms.
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The calculation o f these profiles is explained in section 
2.8.2.9.
2 .7 .1 .4  Cine M ode MRI
A useful macroscopic flow  imaging technique is cine mode MRI. A
number o f images are displayed throughout the duration o f the 
cardiac cycle using a gradient echo sequence. The images are 
obtained by exploiting the different effects that flow  has on the
NMR signal. Nayler et al21 devised an experiment which combined a 
gradient echo sequence with an even echo sequence to overcome the
problem o f loss o f signal due to flow. Included in the sequence
were flow  encoding pulses. In addition to this there was a second 
sequence interleaved in time with the first which was identical 
except that it contained no flow  encoding gradients. Subtracting 
the two resulting sets o f images yields images with information on 
flowing material only, since static tissue would produce the same 
signal for both sequences. (This technique o f subtracting images 
has been used by a number of different investigators in simpler
sequences either using different magnitudes o f flow  encoding
22gradients (g) or different timings o f the gradients (t - t ) . 
Benefits o f doing this include being able to cancel phase shifts 
due to field nonuniformities and chemical shift phenomena). The two 
sequences are repeated up to 12 times during the cardiac cycle. The 
(difference) phase images were displayed and used to calculate the 
flow  rate at a number o f times during the cardiac cycle knowing the
23
cross-sectiona l area o f  the vessel b e ing  im aged. B e nd e i e t a l d id
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a similar experiment for the carotid arteries but without the 
even-echo rephasing.
Guo et al24 used three gradient echo sequences in cine mode with
different amounts o f flow  rephasing. Rephasing o f spins that have 
been dephased by flow  can be achieved by the application o f
specific gradients as mentioned in section 2.7.1.3. If the 
gradients shapes (profiles) are altered then the amount by which
they are rephased changes. They obtained difference images between
the three different sequences at the same time in the cardiac cycle 
and also between the sequences at various points in time. In either
case subtraction o f the stationary tissue yielded magnitude images
o f the content o f the vessels.
Metcalfe25 used field echo cine MRI for cardiac imaging at low  
fields. The low  field reduces errors due to artifacts, chemical 
shift and noise.
2 .7 .1 .5  Fourier F low  Imaging
A technique which has the ability to separate out flow  within 
different velocity ranges - even within the voxel - is Fourier flow
imaging26'21. This uses a method analogous to phase encoding o f one 
spatial direction to encode one directional component o f velocity.
Each increment o f velocity encoding gives an image in which the
intensity o f the signal is proportional to the velocity in a
certain range. In the image where the velocity encoding gradient is 
zero the stationary tissue is seen. This technique is very time
consuming however and so is limited in use in a clinical
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28 • • environment. Feinberg et al used this technique to image one
spatial dimension and one velocity component. A  novel approach was
29 «suggested by Xiang and Nalcioglu which they called Projection 
images o f the Position-Velocity Joint Spin Density Distribution. 
This is basically a projection of an object along an oblique
direction somewhere between the direction o f spatial phase encoding 
and the direction o f  velocity encoding. They obtained magnitude
difference images o f the object.
2 .7 .1 .6  MR Angiography
One section o f macroscopic flow  imaging that has been touched upon
is MR Angiography (MRA) where magnitude images o f flow ing material 
only are displayed. Conventional angiography involves the injection 
o f a suitable contrast dQent into the vessel under consideration in 
order to obtain an image o f the vessels. MRA needs no such contrast 
agent for imaging vessels and a variety o f  sequences exist to date.
Projective angiography involves using a sequence which has no slice 
select gradient so that all the blood vessels can be imaged. When 
this is combined with static tissue suppression ie. obtaining a
difference image, excellent images o f the vessels can be obtained.
A  variety o f different methods o f displaying or acquiring the 
angiograms exist to date . The technique relies on time o f flight
effects and can be coupled with fast MRI sequences to provide 
excellent images o f vessels, but at the present time little 
quantitative information.
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2 .7 .2  D i f f u s io n
From the discussion o f  section 2.3 it can be seen that diffusion 
processes play an important role in the body. The concept o f  
diffusion is well defined and so undertaking measurement of  
diffusion coefficients should provide valuable physiological 
information.
Diffusion can be pictured as a random walk. The diffusion
31coefficient being defined as
D  = l.v/6 (2.6)
where 1 is the mean free path (m.f.p.) and v is the average
velocity. If the m.f.p. exceeds the space that is available then
the diffusion is said to be restricted. Diffusion coefficients are
temperature dependent i.e., at higher temperatures the molecules 
w ill have greater energy and so 1 and v increase.
For a normal spin echo sequence the signal at the centre o f the 
echo is given by
S(TE)/S(0) = exp (-TEyT2)(l-exp (-T /T )) (2.7)
where TE is the echo time, T and T2 are the longitudinal and
transverse relaxation times respectively and T is the repetition 
rate.
However if  diffusion is present, T is at least 5Tj and a constant 
linear gradient is applied then equation (2.7.) becomes6
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S(TE)/S(0) = exp (-TE/T2).exp [ (-/.G .D .T E 3)/ 12 ]  (2.8)
as mentioned in 1.2.6.3.
The diffusion coefficient D can thus be calculated if  the 
gradient strength G is known.
2.7 .2 .1  Pulsed F ield  Gradients
This technique is limited by a number o f experimental problems 
arising from the static gradient. A better idea is to use pulsed
32gradients shown in Fig.2.6 below .
-A  5 k -
180
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TLqiuxe 2 .6 . Raised diffijsU m  qnadieruts.
The signal thus generated is given by
S(TE)/S(0) = exp(-TE/T2)
.exp [ -y \G .D .S2.( A - 8/3 ) ]
(2.9)
Because the gradient is not on during the r.f. pulses and data
acquisition, a greater G can be used which means that lower
diffusion coefficients can be measured. Also A can easily be
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changed.
In an imaging experiment the gradients typically applied in all
three directions could lead to diffusion related attenuation. This
observation has been put forward as a possible source o f  errors in
T2 imaging .
Taking account o f the imaging gradients leads to a signal given
S(nTE)/S(0) =  exp(-nTE/T2).exp(-bn.D) (2.10)
where n is the number o f echoes and
bn= 7 i  i  g L Y W 3) p -11)
k = 1 1 = x,y,z
where 1 is the axis o f the gradient pulses and k is the interval 
between echoes. This is valid for rectangular non-interlaced pulses 
with a negligible background gradient.
Carefully done the imaging gradients can be exploited to provide a 
form o f diffusion imaging. W esbey et al34 used variable sizes o f  
the slice select gradient to obtain different images, comparing 
them to doped water. The phantom was thinner than the thinnest 
imaging slice, but for clinical work a constant slice is desirable 
for purposes o f comparison.
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2 .1 .2 .2  S p in  E c h o  D i f fu s io n  M e a s u re m e n ts
Le Bihan et al apply additional gradients along the readout 
axis. The first sequence that they run has no additional gradients 
to minimize any attenuation due to diffusion. Under these 
circumstances equation (2.9) reverts back to equation (2.7). The 
second sequence has the same TE and repetition rate as the first so 
that the effect o f T1 and T2 relaxation are the same but additional 
gradients are used in the readout direction as shown below in 
Figure 2.7.
90
1
180
i
d i f f
90 180
d i f f
Tiqune. 2.7 Wpin echo, eeqaencec pyx dJ]pjruxm meaawxementci.
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The difference between the two is due entirely to the diffusion 
factor. The diffusion can be calculated from equation (2.10) hence
D = log ( S J S J  (2,12)
( b r  b o)
where Sq is the signal at the echo. They call this intravoxel 
incoherent motion imaging.
However this sequence is sensitive to all so-called intravoxel
incoherent motions which includes microcirculation, so the
diffusion coefficient D  should be replaced by an apparent
diffusion coefficient ADC.
Ahn et al35 put forward a technique very similar to that o f Le 
Bihan, but instead of one sequence with gradients and the other
without, their two sequences had different timings o f  the diffusion 
gradients (which were the readout gradients).
2.7 .2 .3  ST E A M  D iffusion  M easurem ents
36Another method o f diffusion imaging uses stimulated echoes . The
stimulated echo acquisition-mode (STEAM) sequence consists o f three 
90° pulses where the second and third pulses are delivered at times
Tj and %2 respectively, and the first stimulated echo appears at 
x+%2. This sequence is combined with balanced diffusion gradients 
which are placed in the interval between the first and second
pulses and after the third. For this sequence the echo amplitude is
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ln(M/M ) = - t / T ,  - 2 t ,/T  - ln2 -Y2D g282(A-8/3) (2.13)o 2 1 1 2
where the symbols mean the same as before. This method is 
particularly useful for T2« T e.g., in vivo conditions.
2 .7 .2 .4  Fast Imaging D iffusion  M easurements
Alternatives to the spin echo and stimulated echo diffusion
sequences have been proposed to overcome its limitations in a 
clinical environment. To measure diffusion coefficients within the 
body gradients o f considerable size are required. The alternative
solution by standard techniques is to increase the gradient
duration which means increasing the sequence length. This has two
effects : a movement towards the upper limit o f the acceptable
imaging time and an increase in the susceptibility o f the sequence 
to motion artifacts since there is a greater opportunity for
movement.
Fast imaging techniques have been suggested by Le Bihan37 which
use a steady state free procession (SSFP) sequence. The SSFP is a 
string o f r.f. pulses with the same flip angle and constant
repetition time. There is an FID after each pulse and an echo
signal before each pulse. The echo is made up o f a spin echo 
component and a stimulated echo. As in their previous experiments
two sequences are run - one with the gradient present, and the
g ive n  by
o th e r no t. F ro m  the tw o  im ages the A D C  can be ca lcu la ted .
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Unfortunately, the gradient factor cannot be calculated for the 
SSFP pulse sequence using the previous relationship (equation 
(2.11)) and so must be determined experimentally.
Coincidentally a group lead by Merbolt worked on a similar idea,
38obtaining diffusion weighted images based on SSFP sequences . They
provided a theoretical description o f what they call a CE-FAST
sequence (which is essentially the same as Le Bihan’s SSFP-IVIM
sequence).
Most recently Echo Planar Imaging has increased further the 
potential o f diffusion imaging39 enabling all the data to be
obtained within a very short space o f time and hence minimizing the 
effects o f motion.
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2 .6 .3  C a p i l la r y  F lo w
As was discussed in section 2.2 microcirculation describes the
structure o f capillaries that connect the arterious and venous
sides o f the blood circulation and allow transfer o f nutrients and 
waste products. NMR is able to detect this blood flow  in the 
microscopic capillaries.
Before discussing this however, a matter o f terminology arises40.
Capillary flow  has long been an important quantity to measure and
the flow  has been called perfusion. This classical term of
perfusion describes the pattern o f blood delivery. For example, in
isotopic deposition techniques radiolabelled microspheres which are
too big to flow in capillaries are injected into the arterious side
o f the circulation. They then become lodged in the capillary bed or
the tissue and can be picked up by PET or radionuclide imaging. The
units o f this classical perfusion are given as ml/min/lOOg.
However, current NMR techniques measure quite different capillary
factors which should be borne in mind when reading the following.
2.7 .3 .1  I VIM  Imaging
It was mentioned that standard diffusion imaging techniques
actually provide not the diffusion coefficient but the apparent
diffusion coefficient (ADC) which includes all microscopic random
motion. This motion can include the microcirculation i f  there is a
random orientation o f capillaries. Le Bihan et al31 proposed a
technique o f separating out microcirculatory flow from diffusion by
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extending their original spin echo technique to include a third 
sequence with an even stronger gradient. They called it the
Intravoxel Incoherent Motion (IVIM) technique. The values o f the
gradients are such that the diffusion coefficient can be determined
from sequences 2 and 3 and this can be used to extract the
‘perfusion’ fraction from sequence 1. (See 6.2.1. for detailed
maths). This ‘perfusion’ fraction comes from a simple model that
they propose, o f a small fraction f  o f perfused capillaries and a
remainder (1-f) o f  tissue in which only diffusion occurs.
Therefore, the perfusion fraction that is measured is actually the
fraction o f tissue which contains perfused capillaries. The IVIM
technique is valid only if  the capillaries are isotropically
orientated. However, it does not matter whether the flow  is
incoherent (changes direction during measurement time) or coherent
(does not change direction). See Figure 2.8 below for illustration
of the two regimes.
TLqnrie. l .& ja t fn cn h en e ru t  andib)cx2h e r i e n t  g l o w  n e g l m e e .
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Again it should be mentioned that EPI has enabled the 
investigator to obtain images much faster so minimizing the
effects o f motion and has been effectively combined with Le 
Bihan’s IVTM technique.
2 .7 .3 .2  Rephasing Techniques
The next technique is only valid when the flow in the capillaries
is coherent. It was proposed by Ahn et al41 who were able to obtain
‘perfusion’ images by virtue o f the fact that coherent flow
produces no attenuation at even echoes (even echo rephasing).
There are two sequences - the first a single spin echo, the second
a double spin echo but with the second echo occurring at the same
time as the echo in the first sequence. This produces two images
with the same effects o f T , T and diffusion. The perfusion image1 2
is obtained by subtracting the two images. Another method using a 
refocusing technique was proposed by Maki42. Instead o f a double spin 
echo to refocus coherent flow  they used a spin echo sequence with 
motion compensating gradient waveforms. The subtraction o f the two 
images yields similar information as the above technique i.e., a 
map o f the perfused blood vessels but again can provide no
quantitative measurement due to other irrelevant information such
as T2 and proton density represented in the image.
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2 .7 .3 .3  Phase D is p la y  T e c h n iq u e
A  model o f microcirculation which assumes anisotropic distribution 
o f capillaries but again coherent flow  was explored by Young et 
al43. It was mentioned in section 2.7.1.2 that the effect o f  
coherent motion is a phase shift for each voxel. However, flow  in 
capillaries forms only a very small fraction o f the total volume 
and this must be taken account o f when measuring the phase. Figure
2.9 below illustrates how the measured phase (<j>m) relates to the 
flow-related phase (<j>v) o f the capilaries.
1-f
Tiqure 2.9 Measured phase in  term s of faom-related phase.
<D = tan'/f.sind) /((l-f)+ f.cosd > )) (2.14)
<|> is given in equation (2.6).
They obtained images o f ‘perfusion’ from phase difference images 
where the flow  encoding gradients are sensitized to the order o f  
lm m /s.
68
2 .8  M O T IO N  A R T IF A C T S
2.8 .1  O ccu ren ce  o f  A r tifa c ts
The appearance o f  artifacts in MR images is an enormous problem  
especially in the clinical environment where diagnosis is 
dependent on an accurate representation. The artifacts considered 
here are those caused by flow  and motion.
There are three categories o f errors induced by flow  and motion44. 
Firstly there are the view-to-view misregistration errors caused by 
breathing, heart and great vessel motion, peristaltic gut motion, 
ocular motion and uncooperative patient motion. Secondly there are 
the time o f flight and saturation errors phenomena described 
earlier in 2.7.1.1. Pulsatile blood flow  will cause the signal 
intensity to be different between successive data acquisitions. 
Finally there are motion induced phase errors.
An unexpected addition to an image is called a ghost. It will
either add to or subtract from underlying tissue intensity, 
potentially causing mis-diagnosis. The addition o f intensity can
result in a bright artifact on a T2-weighted image, the 
subtraction in a loss o f contrast in a T l-w eighted image both
mimicking certain disease forms.
There are distinct artifacts peculiar to the Fourier or 2DFT  
imaging technique arising from the separation of frequency and 
phase encoding. Any movement during a scan will often be very
slight during the frequency encoding which has a duration o f a few  
msecs but quite substantial between each phase encoding step which 
may be o f the order o f a second or so apart. The effect o f this is
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motion is periodic e.g., breathing, then a number o f ghosts will
appear as a periodically displaced image o f the original object in
the phase encoding direction. It is important to note that the
ghosts appear in the phase encoding direction whatever the
direction o f the displacement. The separation o f the ghosts is
given by the total imaging time divided by the period o f the
to 45motion
Y x  n x TR/ T (2.15)
TOT av v 7
where Y tot is the total number o f pixels across the field o f view,
n is the number o f acquisitions averaged before each new phase 
encoding step, TR is the repetition rate and T is the period o f the 
motion.
The intensity o f  the ghosts is proportional to the intensity o f  
the structure and the amplitude o f the motion.
2 .8 .2  R em oval o f  M otion  A r tifa c ts
The following is an overview o f the different methods employed to 
remove the artifacts due to flow  and motion.
2.8.2.1 Gating
The most obvious way to overcome respiratory motion is to use
to  in tro d u c e  a m o d u la tio n  in to  the phase encoded data. I f  the
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respiratory gating45. The basis o f this technique is to only accept 
data which is gained when the position o f the abdomen falls inside
a certain ‘window’. The respiratory motion is monitored using a 
transducer46. The data is obtained during the end expiration which
is the longest part o f the cycle. The use o f respiratory gating
reduces ghosts and also blurring. The disadvantages o f this
technique are the much increased acquisition times. This can be
partially overcome by applying gating to only part o f the data.
Another possibility is to trigger the acquisition o f  data from some
part o f the breathing cycle. However this is experimentally quite
difficult to do and causes variable TR which in turn can lead to 
ghosts.
Cardiac gating is an easier technique to put into practice44. The
data acquisition is triggered o f the R-wave or alternatively by
plethysmographic gating (detection the capillary blush in a
finger). Both o f  which are standard practices. The disadvantages 
o f these are that TR is limited by the cardiac rate which can mean 
an increase in the imaging time. Patients with an arrhythmia would 
cause variable TR leading to ghosts again. There is also the
inability to reduce motion artifacts not in synchrony with the
cardiac cycle. In addition the probes recording the ECG may become 
detached.
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2 .8 .2 .2  R e o rd e r in g  o f  Phase E n c o d in g
There are a variety o f methods to eliminate motion induced
artifacts by reordering the phase encoding steps. These include
ROPE (respiratory ordered phase encoding)?7 COPE (centrally ordered 
phase encoding) and exorcist. The basic idea is to reorder the
phase encoding steps such that the acquisition makes the apparent
motion much slower45. The respiratory motion is monitored as in
respiratory gating with the signals being acquired at an arbitrary
rate applying a suitable phase encoding gradient depending on the
phase o f the respiratory cycle. It eliminates ghosts but makes the
image slightly more blurred. The blurring depends on the rate at
which the displacement varies and also on the order in which the
acquisitions are placed48. There are obvious difficulties in the
implementation o f this technique due to its complexity.
2 .8 .2 .3  Restraining
A couple o f crude but sometimes effective methods o f motion
artifact reduction are breath holding49 and physical 
restraining45. Breath holding can be used only when the sequence
is short so suiting fast MRI techniques. A drawback o f breath
holding is that pulsatile blood flow  ghosts can become more
conspicuous.
Physical restraining can be carried out on the abdomen. This can
be restrained by the use o f an inflexible band. This method has an
additional benefit in that it reduces blurring as well as
72
ghosting. However there are still motion artifacts due to blood 
flow and peristaltic motion. The advantage o f both these
techniques is that no additional software or particular technical
expertise is needed to implement them.
2 .8 .2 .4  H ardware R efinem ents
A rather complex method is to restrict the field o f view  (FOV)44. 
This can be achieved by the use o f surface coils and image strips. 
If the FOV is restricted to a part o f the body not exhibiting 
motion then the acquired image image should be artifact free.
2 .8 .2 .5  Imaging Sequences
A particular imaging sequence that w ill reduce the effect o f
motion artifacts is STIR (short-tau-IR)50. In a sequence with a 
short x the fat gives little or no image intensity and so the 
ghosts due to moving fat are eliminated. The drawback o f this is 
the resulting low contrast o f the image. Also its limitation to a 
specific ghosting problem.
2 .8 .2 .6  Averaging
Another method o f data manipulation is averaging45'46,51. It is a 
method usually employed to reduce random noise but ghosts can be
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removed if  each acquisition is taken at a different place. As
mentioned before, for different phase encoding steps the phase o f  
the ghosts are different. Averaging gives the opportunity to 
achieve destructive interference o f the ghosts. There is maximum  
separation o f ghosts when the respiratory rate is equal to twice 
the product o f the repetition rate and the number o f averages or 
put another way, when the interval between phase encoding 
increments are half the respiratory period. The result o f  maximum  
separation is that the ghosts w ill be o ff the image. The
requirement for minimum separation o f ghosts is for one cycle o f  
displacement to be spread over the phase encoded sequence. The 
result o f this is that the ghost is folded back onto the original 
image. This requires twice as much imaging time as maximum  
separation however. Generally the intensity o f ghosts decrease as
an inverse function o f the number o f averages (NSA), though it 
depends on the mode o f motion and the sequence. A lso the 
displacement o f the ghosts increases with increasing NSA. Ghosts 
are reduced additionally due to the reduction o f noise.
Disadvantages o f averaging are that it does not reduce blurring, 
the resulting increased imaging time makes it suitable for short 
TR but this negates the effect o f lower image intensity. For T2 
weighted images the technique is not practical because o f long TR. 
A  short TE gives a better signal-to-noise ratio (unless the 
sampling time is too short) and reduces the intensity o f ghosts.
74
2 .8 .2 .7  P re -S a tu ra t io n  P u lses
Another method o f reducing flow artifacts and improving the
depiction o f vascular anatomy is spatial presaturation2. Errors 
due to unsaturated spins entering the imaging volume are
eliminated by the addition o f spectrally shaped r.f. pulses which 
selectively saturate these regions. Spatial presaturation has the
advantage that it is compatible with most pulse sequences and
imaging hardware. Disadvantages o f  this include the fact that a 
small amount o f extra time is required for the presaturation 
pulses.
2 .8 .2 .8  Gradient Moment Nulling
One o f the most frequently used methods o f motion artifact 
reduction to be considered here is M AST or gradient moment 
nulling44’45’53*54. This method is unique in that rather than 
trying to keep the dephasing due to motion constant from view  to
view  it attempts to rephase all the spins at the echo regardless 
o f the type o f motion which caused the dephasing. It achieves this
by the addition o f various gradients to the sequence. Motion can
be considered as a Taylor expansion o f position as a function o f
time
x(t) = xq + vt + 1/2! at2 + 1/3 !pt3 + higher order terms
(2 .1 6 )
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acceleration and p is pulsatility.
Higher orders o f motion contribute insignificantly to the effect.
The phase is given by
w here  Xq is  the o r ig in a l p o s itio n , v  is  v e lo c ity , a is
The idea o f M AST is that equation (2.17) is set to zero and
read gradient and the slice select gradient. There is negligible 
effect from the phase encoding gradient for a number o f reasons. 
It is only on once for each signal acquisition and then for a
relatively short time. Further it introduces the least amount o f
phase shift around the central view s o f the data area which 
corresponds to the majority o f the signal.
Multiple echo sequences allow different orders o f motion to be 
compensated for in different echoes o f the sequence as required.
In general the order o f M AST correction depends on the shortest 
TE required since the higher the order o f correction the larger 
the number o f additional gradient pulses are needed.
The technique works best at high fields due to the fact that
artifacts are most prominent at high field strengths.
There are problems associated with M AST. Blurring due to motion 
is not compensated for, small calibration errors can lead to 
significant phase effects when the velocity is large, there are
problems o f finite gradient rise times and associated eddy 
currents and the problem o f limited gradient power output may
o
(2.17)
(2.16) is solved for G(t)45. This is done independently for the
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limit the number of slices allowed in a multislice sequence.
M AST is not helpful if  you actually want to see motion but this
can be overcome to some extent by designing the sequence so that
incomplete rephasing occurs but enough signal remains to give
information o f the velocity present.
2 .8 .2 .9  Additional R.F. and Gradients
Finally there are techniques which use additional pulses or
gradients to give information on the motion occurring within the
scan and so either discard the data or use it to modify the
reconstruction. One technique55 is to place a small object (which
w ill produce an NMR signal) next to the patient in such a way that
patient motion will obscure its signal. If the signal is below a
certain threshold then ideally the sequence would be aborted, but
this is not possible in practice, so a predetermined number o f
acquisitions at each phase encoding step are taken, and the data
from the one which provides the greatest signal is kept. Obviously
this increases imaging time dramatically so an alternative would
be to detect in which data acquisition cycle the patient m oved (by
looking at the signal from the object) and either redoing that
acquisition or extrapolating the data from either side. A  non-NMR
method o f doing this would be to use an external triggering 
mechanism such as a light beam.
The other technique is to look at the projection data which is a 
line integral along the direction o f the frequency encoding
56gradient . The magnitude o f the projection data varies according
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to the cardiac cycle and the boundary of the projection data
varies according to the respiratory cycle. Applications o f this 
are made to cardiac and abdominal imaging respectively.
Cine mode imaging was used for cardiac imaging (employing an SSFP 
sequence rather than a gradient echo), with additional gradients 
which cause a ‘projection’ signal before the conventional NMR 
signal. The cardiac cycle can be derived from the projection data, 
so the data can be arranged according to this rather than to a 
conventionally measured cardiac cycle.
Abdominal imaging used a technique called POPE (projection
ordered phase encoding). It is similar to ROPE in that the state
o f the motion determines the phase encoding gradient to be
applied. After each data acquisition the projection data is 
examined to determine the state o f the motion. This is used to 
select the next phase encoding step from a previously compiled 
look-up table.
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CHAPTER THREE 
INSTRUMENTATION
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3.1 M R I  S Y S T E M
The MRI system used for this programme o f research was a complete 
overhaul o f  a home built system which had been established between 
1983 and 1989. The only components retained were the gradient 
power amplifiers which were reconditioned. The block diagram below  
in Figure 3.1 shows the basic elements o f the system.
MULTIPROCESSOR
CONTROL
UNIT
GRADIENT
POWER
N ( m
GRADIENTS
MAGNET
Tiqune 3.1 Wchematlc. diaqnam a] &acuc elements a] MRW
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The author built an r.f. coil, an insert gradient, phantoms and 
also wrote a number o f pulse sequences and other software.
3 .1 .1  M u ltip rocessor  U n it
Figure 3.2 illustrates the components o f the multiprocessor unit.
Tiqune 3.2 MuWqnax^esson Unit.
The computer (hardware and software), data processing cards, and 
pulse sequence controller form the multiprocessor unit supplied by 
S.M .I.S. Ltd (Guildford, U.K.). The 386 host computer runs under 
Microsoft Windows. The package enables pulse programs to be
written using a C-like language and then compiled. Input 
parameters are chosen and the program can then be run in either 
set-up mode where the user can view  the signal and change
parameters, or in acquisition mode where data is acquired. The 
software enables subsequent images to be reconstructed, and
spectra to be analysed. There is also control over the IP2000 
image display board which enables data processing and manipulation
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o f images.
The pulse sequence controller consists o f a pulse processor and a 
waveform generator. The pulse processor controls output from the 
waveform generator which stores user defined r.f. and gradient 
waveforms. These waveforms are called as appropriate during 
sequence execution.
The data processing cards consist o f  data acquisition : two ADCs 
running at either 16bit 100kHz or 12bit 400kHz, and the array 
processor which allows rapid data processing.
3 .1 .2  R .F . S u b -S ystem
Figure 3.3 below illustrates the r.f. sub-system.
RF UNIT
cFiqune 3.3 P.T.HuA-sgstem.
The system can be separated into three functional systems 
transmit , receive and probe.
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3 .1 .2 .1  T ra n s m it te r  S ys tem
F ig u re  3 .4  show s the basic e lem ents o f  the tran sm itte r system .
WAVEFORM
GENERATOR
' v / y y ' L
DIGITAL CONTROL 
FROM PULSE PROGRAM
CW
/W \ A  a m p l i t u d e  ^ Arrc>4 i GATE
MODULATION GAIN/ TTENUATION
POWER
AMPLIFIER
J ~ L
BLANKING
PULSE
Tiqune 3.4 Tnansmitten Igstem.
The PTS frequency synthesizer generates a continuous waveform o f  
the required frequency (21.24M Hz for a 0.5T operating field  
strength). The signal is modulated by an appropriate waveform from 
the waveform generator board, and gated then attenuated or 
amplified interactively by the user before entering the power 
amplifier (ANALOGIC AN8061 lkW  solid state). To cut down on noise 
transmission the amplifier is also gated. What comes out o f the 
transmit system is an appropriately modulated, gated and amplified 
r.f. signal.
3 .1 .2 .2  R.F. Coil System
F ig u re  3.5 o v e r le a f shows the com ponen ts o f  the c o il system.
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A '
Tigure  3.5 5R.3L Wail iPg&tem.
The purpose o f this system is to allow transmission and reception 
using just one r.f. coil. Built into the design is protection for
the pre-amplifier and reduction o f noise from the main transmit 
amplifier.
The system consists o f three A/4 transmission lines where A is the 
wavelength o f the r.f. radiation in the cable. Transmission lines
are essentially transformers which transform impedance and 
voltages. A  line o f length A/4 will transform a low  impedance to a
high impedance and vice versa. A A/2 line w ill transmit exactly the 
impedance (or voltage) at one end to the other.
In transmit mode the r.f. at A has two choices : either into the
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coil at C, or along to B. The diodes at B are switched into
conductance by around 0.5V  which is much less than the size o f the 
transmitted pulse, so acting as an open circuit. This open circuit
w ill be transformed to very high impedance at A, A/4 away. 
Therefore the transmitted signal power primarily goes to the coil.
The residual 0.5V  across the diodes at B however leads to a 
temporary saturation o f  the transistors in the pre-amplifier (which 
are sensitive to operating voltages o f the order o f microvolts) and 
a ‘dead-time’ o f the receiver.
In receive mode there is a choice o f path for the r.f. signal : a 
A/2 path along to the transmitter, or a A/2 path to the
pre-amplifier. The transmitted r.f. is not large enough to operate 
the diodes along either o f the paths, so the only route available
is direct to the pre-amplifier.
The r.f. transmit amplifier should be blanked in receive mode, but
some noise still gets through. An additional purpose o f the diodes
at A ' is to reduce noise from the transmitter.
3.1 .2 .3  R eceiver System
Figure 3.6 overleaf illustrates the basic components o f the
receiver system.
The signal from the pre-amplifier undergoes full amplification on 
entering the receiver. The frequency is usually o f the order of  
tens o f megahertz which quite apart from being a high frequency 
can have a large range e.g. 10-300MHz.
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REFERENCE
FREQUENCY
1
MAIN
FILTER PSD FILTER MIXER AMPLI­  ^ SIGNAL FROMFICAT­
ION
SAMPLE
Tigure  3,6 PeceiMert Jgatem.
For a 7T (300MHz) magnet resonance frequencies o f 13C, 19F and 
31P are 75, 235 and 121MHz respectively.
The r.f. signal can have a bandwidth of 250kHz centred on the
resonance frequency. It is desirable for signal processing reasons
to have the NMR signal being carried on a fixed  frequency which is
called the intermediate frequency or IF. This is accomplished using
a mixer. It takes in the resonance frequency (f ) plus signal (S)
and ‘m ixes’ it with the difference between f  and the IF (which isR
supplied by a frequency synthesizer). The output o f the mixer is
the sum and the difference o f the two inputs i.e.,
IF +/- S (3.1)
2fR - IF +/- S (3.2)
f  is typically 300MHz, and the IF is 2MHz for this system.
Therefore, with a low pass filter, the higher frequency signal is
taken out leaving the IF and the signal.
In order to analyse the NM R signal it is desired to have phase 
information on the signal and it is also necessary to bring the
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frequency down to the audio range i.e., kHz.
This is achieved by the following arrangement shown in Figure 3.7.
Bsin(cot)
Asin(o) t + 9) --------------►
S
ABsin[(cos-co)t + (J)]
Asin(cot + <(>) ABcos[(co -oo^t + i|>]
Bcos(eo t)
Tigune 3.7 Phace cenoWMe detection.
The signal is split up into two channels and enters a phase
sensitive detector (PSD). A mixer is again used. This time the 
mixing frequency is at the IF (2MHz). This leads to 2IF+/-S and 
+/-S. The higher frequency is again eliminated by a low  pass
o
filter. The IF is provided by a 2MHz oscillator and puts a 90  
phase shift on the IF entering channel 2.
The result is two signals in the correct frequency range with a
o
90 phase shift between them.
The digitizer samples the discrete points at a frequency which
fulfills the Nyquist theorem i.e., sampling must be done at least 
twice per wavelength cycle in order to resolve the actual frequency
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o f  the s igna l.
3.1 .3  P rob e
The specifications for the probe were that it should have a good
signal-to-noise ratio, the ablility to be tuned over a wide range
o f  loads (to encompass phantoms and human extremities) and to fit
within the insert gradient (see 3.1.4.1). The type o f coil most
near to fitting these specifications is a birdcage coil which
consists o f  a ‘ladder’ o f copper tape around a cylindrical former
as in Figure 3.8 below.
Tiqune 3.8 Tcematlc dUxqnarri o£ Mndcage call.
The resonant frequency o f  the birdcage coil is determined by the 
capacitance and inductance by a relationship approximately given 
by
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co oc 1/VLC
o
(3 .3 )
The inductance depends upon the structure o f the coil, and the 
capacitance is dependent upon capacitors soldered between the ends
o f the ‘legs’ and one o f  the end rings. Two variable capacitors 
are soldered onto opposite sides o f the coil, one for tuning, one
for matching.
The coil works along the same lines as transmission lines. When
correctly tuned a standing wave is set up along the end rings which 
causes nodes and antinodes in the current flow. Where there is 
maximum current - in 2 legs opposite from each other there is
maximum magnetic field generated. In the centre o f the coil there 
w ill be a uniform field. Each o f the legs w ill also produce
magnetic fields with the net effect o f  a homogeneous magnetic field 
in a large volume o f the coil. The coil tuned well and proved to be
the most stable o f the existing coils.
3 .1 .4  G rad ien t System
The gradient waveforms that are produced by the pulse sequence 
generator travel through a pre-emphasis unit on their way to the
gradient amplifiers. A pre-emphasis unit is required because the
gradient coils produce time dependent gradients which then generate
eddy currents in the body o f the magnet. Inside the unit there is
circuitry designed to produce exponentials and other offsets which 
when added to the gradient waveforms will produce a shape capable
o f compensating for the effects o f the eddy currents (more detail
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in 5.3.1).
The modulated waveforms then go to the gradient amplifiers. These 
are Amcron amplifiers designed to be used as audio amplifiers.
There are two per gradient axis, each capable o f  delivering a peak 
current o f 38A for 5 -10msec, and an RMS current o f  16A. The
amplified gradient waveforms go to the gradients via shielded
coaxial cables (to shield out r.f and other extraneous noise) and
filter boxes (one for each axis) containing low  pass filters 
designed to eliminate extraneous signal.
The gradients are a saddle coil design with 19 turns per gradient 
axis. This combination o f amplifiers and gradients produced a 
maximum gradient strength o f 6mT/m.
3.1.4.1 Insert Gradient
A  maximum gradient strength o f only 6mT/m would probably be
enough for some standard diffusion work, but not nearly enough for 
quantitative perfusion measurements. An example calculation in a 
later chapter (6.2.1.) shows the requirement to deliver gradients 
o f 32.8mT/m. (This requirement would only be for one imaging axis 
for the author’s applications). The z-axis would be most useful 
because flow  along the longitudinal axis o f the body can be most
readily observed. A z gradient is also the easiest o f the three to 
construct since it is essentially just a Helmholtz coil i.e. two
counter-wound coils separated by a distance which produces optimum  
field gradient uniformity.
The author must acknowledge Fred Goldie (S.M .I.S.) as supplying
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the expertise in the design o f this gradient coil. A specification
o f 114mT/m for a half-sine gradient o f duration 10ms was the
target for the design which went as follows. The length (1) o f the 
coil was 40cm  to allow enough room such that the gradient was 
uniform in the region o f  the brain given that the gradient set
would sit on the shoulders o f a human subject. The radius o f the
coil was 17.5cm which does not fulfill the optimum separation o f  
length = v3xradius, but it is within reasonable range. Sixty turns
o f wire were required to produce a gradient strength in the region 
o f 114mT/m given these dimensions and the capability o f the
gradient amplifiers. A ll o f  the calculations had to be done
with the resulting inductance in mind, which with these parameters
was estimated to be about 4.5mH. The gauge o f copper wire was
2.75m m  - the limiting factor on this was the RMS current density
o f  the wire. Also, with this gauge o f wire the heat dissipation is 
o f the order o f 300W, which is tolerable for a scan with a low
gradient duty cycle.
Soft 99% pure copper was carefully wound around a wooden former 
o f  the correct dimensions to fulfill the above criteria and also
to allow a birdcage r.f. coil to fit snuggly in place within it.
W ood was the most readily available material although it should be 
pointed out that bakolite would probably be the most suitable
material for the job due to its strength and ability to dissipate
heat. The wire was held in place by smearing quick-set epoxy 
adhesive in between the layers.
Figure 3.9 overleaf is a photograph o f the insert gradient and 
r.f coil.
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T lg u r e  3.9 I n s e r t  g r a d ie n t a n d  b ird c a g e  c a ll.
3.1.4.1.1 Testing o f  the Insert Gradient
The testing o f the gradient was two-fold. As a quick test, there 
was an examination o f the gradient produced from a plot of the 
magnetic field measured at various points using a Hall probe and 
Gauss-meter. The readings were only accurate to +/-0.2 Gauss but 
the Figures 3.10 and 3.11 (overleaf) - longitudinal and radial 
plots - indicate consistent measurements.
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A ll o f these readings were taken with a voltage o f  1.6V and a 
current of 4A.
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A much more rigorous testing was then undertaken. The gradient 
was calibrated by running a program which uses the gradient under 
analysis as a frequency encoding gradient i.e., it is applied 
during data acquisition. The size o f the resulting profile in 
frequency space enables the actual applied gradient to be 
calculated.
The program allows the user to specify values 0 to 2047 
representing the current in the gradient.
Figure 3.12 below is a plot o f  the calculated gradient strength 
versus applied current.
ppl units
TiqAjne. 3.12 Riot a$ q/iadierut stnenqth w ith Inaxeasinq miUage.
The linearity o f the gradient is very good but there was a problem
with the maximum strength achieved. It is only 64mT/m as opposed to
the 114mT/m required. There are a couple o f contributory factors.
Firstly, the calculations were done assuming the gradient 
amplifiers could produce 70A  (peak current) whereas in fact their
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measured peak turned out to be 54A. Secondly the pre-emphasis box
had a DC offset which reduced the maximum voltage obtainable.
One major problem which came to light when calibrating the
gradient was the limitation o f  an inductance o f 4.5mH. The high
inductance manifested itself in the current monitors o f  the
gradient amplifiers registering a much higher current than had been
applied i.e., large overshoot. The only solution to this problem
was to ramp the gradients at a much slower rate - 4ms as opposed to 
lm s (for the whole body gradients). This long ramp time was to
prove a severe limitation in the experimental work.
3 .1 .4 .1 .2  Interaction B etw een  Insert Gradient and R.F. Coil
The manner in which the r.f. coil is inserted into the gradient
set, with the turns o f  the gradient coil being physically very 
close to the outer copper strips o f the r.f. coil, may suggest
problems o f interaction. Fortunately this proved not to be the
case other than a slight (10%) decrease in the Q factor o f the 
r.f. coil which is acceptable.
3 .1 .5  M a g n e t
The magnet is a 0.5T 850mm super-conducting and actively shielded 
Oxford magnet. Cooling is via recycled liquid helium which has a
boil o ff rate o f 0.251/hr necessitating refilling at approximately
three weekly intervals. The shimmed magnet peak to peak
homogeneity using Oxford passive shims was better than 5ppm over a 
30cm  daimeter.
3 .2  PH A N T O M S
A  number o f different phantoms have been used by other
investigators to demonstrate diffusion and perfusion imaging.
Diffusion phantoms are usually very simple - a small container o f
liquid most usually water or acetone.
Perfusion phantoms are a little more varied and depend upon what
sort o f sequence is being undertaken. For anisotropic flow  a
57dialysis filter was used . For coherent but isotropic flow  Ahn
used a ball made from winding a 1mm diameter plastic tube through
which flow  was driven by gravity41. For isotropic flow  at smaller 
scales Duewell used an anion-exchange resin57 which consists of
small beads with an average size o f 450|j.m. Another increasingly
common phantom is made from Sephadex31 - used by chemists in
chromatography tubes. It consists o f tiny beads which when wetted
expand and form a gel. Sephadex is relatively inexpensive and easy 
to obtain and so was used in the construction o f the phantom.
The body o f the phantom consisted o f a perspex tube o f diameter
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38.5mm and length 70mm with push on nylon ends. See Figure 3.13 
below.
Jiqwxe. 3.13 lephadea: penfusion phantom.
Into the nylon ends were screwed nylon connectors for the fluid 
to travel in and out of. The beads o f the Sephadex can easily be 
squashed, ruining their uniformity and tissue ‘equivalence’ so 
great care had to taken in transferring the wetted beads into the 
phantom.
Over the ends of the perspex tube inside the nylon ends was stuck 
disks o f nylon fabric o f such a gauge that would allow fluid flow  
but not the transferance o f the beads.
Sealing the nylon to the perspex proved to be a significant
problem when fluid was flowing at the higher flow rates and
resulted in the phantom being reconstructed three times - with
unavoidably different amounts o f Sephadex.
Initially the seal was made with FIFE tape (Mk I), then epoxy
adhesive was used (Mk II), and finally and most successfully with 
copious amounts o f aquarium sealant (Mk III).
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A Pye Unicham pump was used to drive the fluid through the flow  
phantom. It had a range o f flow  rates from 0 to 9.9mls/min in 
increments o f O.Imls/min which is within the range o f  flow  rates 
that have been used by other investigators.
3.3 PR E SSU R E  CU FF
For some o f the in-vivo work o f Chapter Six it was necessary to 
use a pressure cuff o f the type used to measure blood pressure. It 
was initailly attached to a pressure gauge but because it was was
ferromagnetic, it was removed and the appropriate air holes sealed.
3.4  P U L SE  SE Q U E N C E S
The experiments carried out for this research used standard pulse 
sequences : single and double spin echoes - the only slight
variation being for the in-vivo work which used orthogonal slice
selection. The greatest problem encountered in designing the pulse 
sequences was the limitation o f  a 4ms ‘ramp up to’ and ‘down from’ 
the z-gradient waveform. Short echo times were out o f  the question 
with this limitation and so led to some quite significant problems
with the signal-to-noise ratio compounded by the 50Hz effect (see 
3.4.1).
The requirement that the second echo o f the double echo sequence 
be concurrent with the echo o f the single echo sequence (6.1.1)
meant that time available was twice as limited for the double echo
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sequence. The timing diagram in Figure 3.14 below shows the r.f. 
and gradients for a double echo flow  encoding sequence.
Tiqune 3.14 TtauMe echo, (low encoding sequence.
In this sequence the slice is in the z-plane which is what is
desired and the 90-pulse does the slice selection. However, it
takes more valuable time for the slice gradient to come down and
form the rephase lobe than it would do if  the slice was done on
the 180-pulse, as in Figure 3.15 below.
Tiqwie 3.15 JelectiMe 180 pulse.
The time required for this was still too long, and so it was 
decided to combine the flow  encoding and the slice selection 
giving Figure 3.16 overleaf.
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Tigune 3 .16 CamAining ftam encoding and d ic e  selection.
This was relatively easy to incorporate into the sequence although
some o f the experiments required a variation in the size o f the
flow  encoding gradients. This could not be done in isolation from
the slice selection gradient and so different gradient waveforms
needed to inserted so that the slice select gradient was kept at 
the same strength whilst the flow encoding gradient increased in 
magnitude.
For the in-vivo work where it was desired to select a column
there needed to be slice selection on both the 90- and 180-pulses
which lead inevitably to a longer echo time and hence poorer 
signal-to-noise.
3.4 .1  50H z E ffe c t
It was noticed that in images where the half echo time (in msecs) 
was not divisible by 20 there was significant ghosting. For echo 
times o f 40 and 80 msecs there was no apparent problem.
It was deduced that the sequence was being adversely affected by 
the 50Hz mains cycle. For ‘problem’ echo times the 90- and 
180-pulses would occur at different points along the mains cycle.
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See F ig u re  3 .17 b e low .
o
90
h —  20m s — *4
0 o
Tigure 3.17 Occurence of 90 and 180 pulses w ith respect to  mains
cgcle.
It does not matter how long the repitition rate is, just that the 
90- and 180-pulses are at the same phase. This problem was
intermittent and it was possible to have a half echo time of 22  
msec before the problem became too obvious.
With the SMIS console it was possible to gate the start o f the
sequence to an external reference which in this case needed to be
the mains signal. A number o f home built circuits were included
into the electronics to do this. They basically took a stepped
down part o f the mains signal, rectified it and formed a square
wave from it. Lines o f code were inserted into the sequence which
required a short loop to be executed until a falling edge o f the 
signal was detected - upon detection o f this the r.f. pulse was
triggered. This was done for both pulses which ensured that they 
were both at the same phase.
The exercise was not entirely successful because it could take a
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while for the 180-pulse to be triggered if  the falling edge was 
missed so there could be a timing error which would again lead to 
a phase error, and ghosting on an image.
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CHAPTER FOUR 
COMPUTER SIMULATION
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4 .1  I N T R O D U C T I O N
A number o f simulations have been written58,59,60. Most are simple
and designed for a specific purpose such as analysing 
signal-to-noise reqirements (5.3.2). There are some simulations 
that are more complex and written in a similar way to the one
described in this chapter. One at least is available for purchase, 
generally for teaching purposes. None however offer the range o f  
flow  and motion variables that this one does.
The main objective o f writing this simulation was to build a tool 
for theoretical analysis o f flow  experiments and hence to assesss 
their viability. There are numerous advantages in running a
computer simulation over carrying out any sort o f  experiments in 
the lab.
Probably the most important advantage is the reproducibility 
inherent in a simulation. With so many factors that could change in
a lab situation from day to day such as gradient matching, pulse
lengths, coil tuning and flow  rateit would be hard to make a 
perfect comparison o f techniques or to repeat a technique changing 
just one parameter without repeating the experiment many times. The
simulation only needs to be run once - the results would always be
the same.
Following on from this, there are no hardware limitations to the
simulation. For example in a standard diffusion experiment large
gradients are used which lower the signal-to-noise ratio so a
number o f  averages are required which increases the imaging time.
In the simulation multiple av eraging does not have to be done 
unless the user wants to investigate the effects o f averaging on a
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sequence which contains simulated noise.
The situation in a real system under investigation is never 
simple. For example in a perfusion phantom (see 3.2) there will be 
diffusion and ‘perfusion’ and perhaps a degree o f  macroscopic
motion. These factors w ill be present in different amounts along
different axes. The simulation allows the user to specify exactly
the model that they desire with no unknowns.
Finally, modelling various flow  effects in the simulation inceases 
understanding o f how these will affect the MRI experiment in the 
lab enviroment, hence it compliments the practical work.
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4.2 THE BLOCH EQUATIONS
The Bloch equations2 form the basis of the simulation because they 
describe the motion of the magnetization and any NMR imaging 
sequence can be broken down into the effect that various components 
of the equations have on the net magnetization of the nuclei.
4.2.1 Solution to the Bloch Equations
To solve the Bloch equation two assumptions are made about what
happens during the r.f. pulse61 :
(a). Bt» Bo-co/y and
(b). Relaxation effects are negligible.
The equation is then solved for two different situations : during
the r.f. pulse and between the r.f. pulses. During the r.f. pulse
the resultant magnetization can be written in terms of a rotation
matrix P, and the initial magnetization M(0)
M(t ) = P(t )M(0)“ p p ■ (4.1)
where
1 0 O '
0 cosp sin[3 (4.2)
0 -sinp cos(3
and where (3=yBit is the angle through which the magnetization is
P(t) =p
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(See Appendix 1).
Between pulses, the solution of the Bloch equation is
M(t) = R(t)M(0) + Mfl[ 1 - exp(-t/Tj) ]k (4.3)
where the relaxation operator R(t) is given by
tipped through about the x-axis by a pulse of length t .
R(t) =
exp(-t/T2)cos8cot -exp(-t/T2)sin5cot 
exp(-t/T2)sin8cot exp(-t/T2)cos8cot
0 0
0
0
exp(-t/Ti)
(4.4)
and where Sco = co - co and co = yB . (See Appendix 2).
o o o
From (4.1) and (4.3) it is possible to calculate the effect of 
any pulse sequence on the magnetization.
For example, one "pulse cycle" (illustrated in Figure 4.1) i.e.,
a time interval of T followed by an r.f. pulse of length % can be 
broken into two steps :
T
-------------- T  H  |
Tiqune 4.1. One "pul&e cycle".
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After relaxation of T
M" = R(T)M(0) + M [1 - expC-T/T^k (4.5)
After pulse % :
M+ = P(x)R(T)M(0) + Mo( l-E^P^k (4.6)
where Ei=exp(-T/Tl) Mq is the magnetization at the start of the
pulse cycle and other variables are those indicated in Figure 4.1.
If a steady state is achieved, i.e., the time that an identical
train of pulses is maintained is large compared to T so that the
magnetization from pulse cycle to pulse cycle is the same, then
M(0) = M+. Substituting this into the previous equation we obtain
4.2.2 Derivation of Bloch equations modified by gradients and 
flow
In equation (1.53) it was stated that
M+ = M (1-E )[ P‘‘(x) - R(T) ]‘‘kO 1 (4.7)
?eff= ( V  + B li
However, if a gradient is present then this becomes
108
B = B i + (B - co/y)k + G.rk (4.8)
- err 1- u
where G.rk = (Gx + G y + G z)k
x  y ' z -
Macroscopic flow can then also be incorporated by a Taylor
expansion i.e.,
r(t) = rff- vt + at2/2 + higher order terms (4.9)
Therefore equation (4.8) becomes
Beff= B i + (Bo- co/y)k + (G.r + G.v.t + G.a.t2/2 + ..)k
(4.10)
for the case when flow is present.
4.2.3 Solution to Modified Bloch Equations
It is assumed that there are no gradients applied during the r.f. 
pulses, therefore there will be no detected flow during these 
times and the rotation (or pulse) matrix P(t) will not bep
affected.
The relaxation operator R retains its form as below
R(t) =
exp(-t/T2)cos(*) -exp(-t/T2)sin(*) 0
exp(-t/T2)sin(*) exp(-t/T2)cos(*) 0
0 0 expQt/T^
(4.11)
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but the asterisks become the following for different 
circumstances :
(i). For no gradient and no flow:
8cot (as before). (4.12)
(ii). For a gradient but no flow:
5cot - yG.rt (4.13)
(iii). For a gradient and velocity:
Scot - yG.rt - 7G.yt2/2 (4.14)
(iv). For a gradient, velocity and acceleration:
Scot - yG.rt - yG.vt2/2 - yG.at3/3 (4.15)
(See Appendix 3).
4.2.4. Numerical Solution to the Bloch Equations
For a 3D simulation i.e., simulated 3D object, providing a 2D 
image, a slice selective pulse may be required. This will involve 
the simultaneous application of a gradient and an r.f. pulse. 
Therefore the assumption made that B1 » Bq -co/y + G.rt is no 
longer valid, necessitating the need for a numerical solution to
the Bloch equations. (See Appendix 4). Magnetizations M , M and* y
Mz are given overleaf.
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+ YAt(Bo-co/Y+G.r)(-Mi (0)7At(B(i-co/Y+G.r)+My(0)+M2(0)yAtB{At))
( 1 + Y2At2(( Bo-(B/y + G.r )2+ B^At)2)
(4.16)
M (At) =-Mx(0)YAt( Bo-co/ y + G.r ) + My(0) + M2(0)YAtB(At)
( 1 + Y2At2( ( Bo-a /y  + G.r )2 + B^At)2 )
(4.17)
M (At) = M (0)
z z
+ YAtBi(At)(-Mx(0)yAt(Bo-co/Y+G.r)+My(0)+Mz(0)yAtBjJAt)) 
( 1 + y*At*(( Bo-co/y + G.r )2+ B^At)2)
(4.18)
They need to be solved for a large number of time increments which 
inevitably increases the duration of the simulation.
4.3 FACTORS INCORPORATED INTO THE SIMULATION
Mx(At) = Mx(0)
This simulation will be used to analyse current diffusion and 
perfusion MRI techniques and will incorporate such things as eddy 
currents and motion artifacts. All these factors must therefore be 
included.
I l l
4.3.1 Macroscopic Flow
Velocity, acceleration or any order of macroscopic flow can be
incorporated into the simulation by the appropriate inclusion of
(i) to (iv) from section 4.2.4 into the relaxation operator.
4.3.2 Diffusion
In order to input diffusion into the relaxation operators it is 
necessary to build a model for this flow phenomenon. The 
mathematical model of the diffusion process was first proposed back 
in the 1950s - in the early days of NMR. The following is a
derivation which comes from Stejskal62 (which in turn came from
Torrey63). The derivation considers the change in magnetic moment
in a volume element AV and the axes are oriented arbitrarily with 
respect to the field direction. The nuclear spins are quantized
along the z axis initially. Diffusion current densities j 
representing flux of spins are given by
j+= D.V n+ (4.19)
where the positive and negative signs represent the direction of 
flux, n+ the densities of either the positively or negatively
oriented spins and D the diffusion tensor. The diffusion current 
density of magnetization is written as
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y(j - j ) = -D.V M (4.20)
—h —■ Z
where |X represents the magnetic moment of a single spin and Mz the
z component of the magnetic moment per unit volume.
Consider the flux through the element of volume AV :
0M z/0t)D= -1/AV f ftCfy-Jl) da = 1/AV J D.V Mz da
J s s
= V.D.V M (4.21)
--------------- z
(By Divergence Theorem - see Appendix 5)
The other two components of the nuclear magnetization are derived
in the same way, giving the modified Bloch Equation :
aM/at = y M x B - (M i + Myj)/T2 + (Mq - Mz)kfTi + V.D.V M
(4.22)
However, it is not possible to solve this equation in the same way 
as in Appendices 1 and 2. Le Bihan et al 64found a way around this 
and the following is a brief summary of the analysis.
The relevant operator in the rotating frame can be thought of in 
general terms as
R(t) =
r exp(-t/T2)cosd>(r,t) exp(-t/T2)sinO(r,t) 0
-exp(-t/T2) s i nd>(r,t) exp(-t/T2)co sO(r,t) 0
expfyt/T^
(4.23)
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where <E>(r,t) is the dephasing acquired by isochromatic spins at 
location r.
In the presence of incoherent spins there is a distribution of 
dephasings in each voxel and R(t) must be averaged in each voxel 
according to the Theorem of the Central Limit (Appendix 6) :
<D(t)> =
' exp(-t/T )<cosd>(r,t)> exp(-t/T )<sin<D(r,t)> 0
-exp(-t/T )<sinO(r,t)> exp(-t/T )<cos<E>(r,t)> 0
0 0 e x p Q t/T p
(4.24)
The position of the spins in the diffusion process can be 
described by
r(t) = r + u(t) 2 2 with u « r (4.25)
where r is the fixed voxel location and u(t) the instantaneous—o —
displacement in the voxel.
The dephasing 0(r,t) can then be written as
<D(r,t) = €> (t) + O (t) (4.26)
with
J
® (t) = y G.r dt —O (4.27)
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and
<p (t) = y
— -  dt (4.28)0
where it is assumed that the field inhomogeneities described by an 
instantaneous linear gradient G.
Now, averaged quantities D(t) may be written :
<cos<b(r,t)> = cosO (t)<cosO (t)> - sin© (t)<sin© (t)>
o o
(4.29)
<sin©(r,t)> = cos© (t)<sin© (t)> + sin© (t)<cos© (t)>— r u r u
o  o
(4.30)
Since diffusion is a pure random motion, parity considerations 
require that
<sinOu(t)> = 0 (4.31)
and taking into account the normalized phase distribution in the 
voxel p(<D ,t)
<cos<£ (t)> = cosO (t)p(0 ,t) d<D s  A(t) (4.32)
Since A(t) < 1, the effect of diffusion will be an attenuation of 
the signal. Putting this altogether the averaged relaxation 
operator is given by
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exp(-t/T2)A(t)cosOr(t) exp(-t/T2) A( t )s i n<F(t) 0
o  o
<D(t)>= -exp(-t/T2) A(t) s i ndfyt) exp(-t/T2)A(t)cos<b(t) 0
o o
0 0 exp(-t/T )
(4.33)
A(t) can be deduced by the following64.
Diffusion may be described by the probability P(u,t) that
molecules will have displacement u during a time interval t. In 
the case of the free Brownian diffusion this probability is
The relationship between displacements and dephasings is given by 
equation (4.28). An equation may now be derived using the phase 
angle as the independent variable. From this it is easily shown 
that the distribution of dephasings p(d>u,t) will also be a Gaussian 
distribution,
P(u,t) du = (4juDt)'3/2exp[-u2/(4Dt)] du (4.34)
In a given direction i.e., the direction of the gradient G
P(u,t) du = (4jiDt)‘3Cexp[-u2/(4Dt)] du (4.35)
p(Ou,t) = (2jca2)-I/2exp[-d>2/(2cj2)] d O , (4.36)
with a variance
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where
k  = y G dt (4.38)
In the case of a Gaussian distribution centred at 0 it is
generally true that <cos(x)>=exp(-cy /2). Thus we obtain for
molecular diffusion
A = exp(-b.D), (4.39)
where D is the diffusion coefficient and b a gradient factor 
defined by
b = k2 dt (4.40)
The variable b must be calculated for each time that the
relaxation matrix is used (with the appropriate time variables).
4.3.3 Pseudo-Diffusion Model
The pseudo-diffusion model of perfusion is the same as that of
diffusion i.e., a series of random walks of average length 1 and
velocity v. However, these ‘walks’ are on a slightly different
scale - reduced by a factor of about ten. Therefore, 
pseudo-diffusion can be incorporated into the simulation in a
manner exactly analogous to diffusion with the user inputting the
appropriate variable.
4.3.4 Coherent Perfusion Model
The coherent model of perfusion is basically flow that may go in 
different directions, but will not change direction during the 
measurement time. Ahn41 and Le Bihan66 have both modelled this 
phenomena in similiar ways and the following is a compilation of 
the two derivations.
The dephasing 8©. of the transverse magnetization of a population 
j of spins moving within a voxel during a time interval T is given 
by
T
(4.41)5© -  y
J
v.(t).G(t) dt
where v. is the instantaneous velocity and G is the gradient 
vector.
If the perfusion is coherent then the above equation simplifies
to
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T80=  v.(y
j - j
G(t) dt) = v..c
- j —
(4.42)
where
c = y G(t)t dt (4.43)
If 0 is the angle between the direction of the capillary segment 
and the gradient direction, then
8 0 . = c v cos0. 
j j j
(4.44)
The overall magnitude of the transverse magnetization M and the 
dephasing are dependent upon the population distribution of the 
dephasing within each voxel according to
M.exp(iO) = X exp(i80.).p(S0.)
j 3 3
(4.45)
Now, taking into account the distribustion of dephasing in the 
voxel the above equation can be written as
M.exp(iO) =
00 K
p(0).p(v).exp(ic.v.cos(0))Bin0 d0 dv
(4.46)
where 0 and v are independent variables with population
distributions o f p(0) and p(v) respectively. The capillaries are
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assumed to be oriented isotropically therefore
p(6) = J sin(0)/2 0 <  0< n,
( 0 otherwise.
(in spherical coordinates).
Substituting this into equation (4.46) gives
OO -TC .j
p(v) p(9).sin(0).exp(ic.v.cos(0)) d0 dv
J 0 0
= p(v).sinc(cv/jt) dv 
 ^ o
(a standard integral) 
where F replaces M as an attenuation factor.
This is a real-valued function i.e., the phase is zero.
The distribution of velocities has been solved for
velocity profile and plug flow giving
GAUSSIAN F = sinc(cv / tc)O
where vq is the average velocity o f the flow and 
PLUG F = Si(2cv )/(2cv )O O
where
(4.47)
(4.48)
(4.49)
Gaussian
(4.50)
(4.51)
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r*
o
Si(x) = sinc(x'/7t) dx' (4.52)
and VQis the velocity of the plug of flow.
These are input into the relaxation matrix in the same way as 
attenuation due to diffusion. The variable c must be calculated at
each time point that the matrix is used.
4.3.5 Motion Artifacts
As mentioned in 2.8 motion of any object (body) being imaged will 
cause artifacts on any image. This can be incorporated into the
simulation by adding time varying positions to the position
variables. However this complicates the sequence because rather 
than having the same relaxation matrix R(t) for the duration of a 
gradient, this time the position will change with real time along
the length of the gradient. Therefore the gradient duration needs 
to be divided up into small time intervals (generally 1ms for long
echo times). For each of the time intervals there will then be 
different offset positions approximating the shape of the motion.
Any sort of motion may be simulated, but those which are most 
likely to be relevant would be momentary jog, respiratory or
cardiac motion. The last two can be made up from a number o f simple
sine waves using Fourier Analysis. The motion that is presently 
incorporated is a simple sine wave since this is sufficient to
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illustrate the basic properties o f motion artifacts.
4.3.6 Noise
Noise was included into the simulation using a Microsoft C library 
function which generated random numbers. The random numbers are 
scaled to the appropriate size according to the signal-to-noise 
requirements.
4.3.7 Eddy Currents
The phenomenon of eddy currents is described in some detail in
5.2.1 but essentially their effect is a reduction
in the resultant applied gradient, and a modification of a 
trapezoidal gradient wavefrom to that shown in Figure 4.2.
Tiqure 4.2 Unxxdient wcmefiiam modified by eddy cun/vents.
The way that eddy currents are incorporated into the simulation is
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by including a time varying gradient waveform in place of a 
constant one. The user can specify the size of the eddy current and 
the time constant of the decay seen on the falling slope of the 
waveform.
4.3.8 Summary
For any given sequence the appropriate relaxation operator (the 
old one with the added flow and motion terms) can be used in the 
combination of matrices to obtain the effect on the magnetization.
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4.4 PROGRAM CAPABILITY
A number o f programs have been written. All are based on either a 
single or double echo sequence. The variety is in the number of 
pixels, phase encoding steps, sample points and the number of 
dimensions - from a 1-D experiment in the x- or y-plane or a 2D
xy-plane experiment to a 3D experiment with a slice selective
pulse.
All flow and motion effects are included in the simulation : 
constant velocity, constant acceleration, diffusion, incoherent and 
coherent perfusion, sinusoidal motion meant to simulate tissue 
pulsations from cardiac and respiratory functions, eddy currents 
and noise.
The user must input values for the above parameters (if required) 
in addition to the standard NMR parameters of T , T2 r.f. pulse 
lengths, gradient strengths etc.
The data output is entirely analogous to that of a real NMR
imaging experiment i.e., following a 2DFT (for the 2- or 3D 
experiment) a real and imaginary image are obtained from which a
magnitude and phase image can be calculated.
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4.5 PROGRAM DESCRIPTION
As mentioned there are several different programs, but these all 
have the same basic structure. The simulation is written in C, is 
approximately 4,500 lines of code long and needs 97,840 Bytes of 
memory to run. It is divided up into 7 or more modules, each with a 
specific task in the imaging experiment - see Figure 4.3.
Tiqune 4.3 Schematic dlaqnam a( cumulation pnoqnam.
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different modules and controls the incrementing
loops.
MODULE 2 : Asks the user for information about the
sequence such as gradient strengths and timings and 
relaxation times.
MODULE 3 : Assigns the input parameters to the variables
used in the pulse and relaxation matrices.
MODULE 4 : Called when a 3D simulation is required,
solving the Bloch Equations numerically at small 
time increments through the slice select gradient 
(see 4.2.4).
MODULE 5 : Performs a calculation based on the solution
to the Bloch equations outlined in section 4.2.2. 
The calculation is done many times for all the 
different resolvable positions of the phantom, the 
sampling points of the NMR signal and the phase 
encoding gradient increments. The simple 
calculation (equation (4.19)) is made vasdy more
complicated by the inclusion of relaxation matrices 
containing gradients and flow which are repeatedly 
multiplied together.
MODULE 6 : This is almost identical to MODULE 5 but it is
MODULE 1 : Calls up all the functions within the
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called when motion artifacts are required. For a 
number of points along any imaging or flow encoding 
gradient the position is varied sinusoidally to 
simulate pulsatile tissue motion.
MODULE 7 : This module takes the raw data and produces
the final image. It is instructive to see what
steps are gone through in order to obtain the final
image.
In a manner analogous to that of a real MRI 
experiment, a signal obtained from an object 
undergoes a 2DFT. However, in the simulation this
signal must be made up from nx x ny x  nz different 
signals corresponding to all the x-, y- and
z-components of position in the phantom - this is 
the purpose of the x, y and z loops. The summation 
o f these signals is then sampled to provide a
discrete signal just as would happen 
experimentally. The different time points that the
signal is sampled at is controlled by the time 
loop. The final loop controls the level of the 
phase encoding gradient that is stepped through to 
obtain a data set which is required to undergo the 
2DFT.
MODULE 8 : Displays the data in image form using some
basic graphics.
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input parameters to files in floating point format.
MODULE 9 : This module writes the image data and the
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4.6 LIMITATIONS OF THE SIMULATION
The only real limitation o f the simulation is the time it takes to
run. This puts a limit on the resolution of the final image to
16x16 pixels. A simulation which consists of an object filling the
field of view would take about 2 hours to run with this time 
increasing if  the motion artifact or eddy current modules are
used. Obtaining a 256x256 image would take of the order of 100
years to run!
A significant factor in this is the speed of the processor. If a
faster processor was installed matters would be improved greatly. 
The low resolution images that result do not prove to be too much 
of a problem since the simulation is not intended to provide
perfect images - more an accurate representation o f the effect of 
NMR sequences. Having said this care must be taken that the input
parameters for such a small image (e.g., sample frequency and 
gradient strengths) are scaled down such that they are realistic 
for the low resolution.
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4.7 TESTING THE SIMULATION
The importance of thoroughly testing the simulation cannot be
over-estimated. Unless it is certain that the simulation produces
reliable data the whole of the work done with it will be
undermined.
The behaviour o f the simulation has been tested for a variety of 
different characteristics. As mentioned previously the NMR image
is influenced by a variety o f characteristics which include
relaxation times, flow, motion etc. Under certain conditions each
of these variables can be considered independent and their effect
predictable. They can therefore be used to test the reliability of
the simulation.
In addition to these characteristics, for the 3D simulation, the
selective pulse module needs to be tested to make sure that the
correct slice profile is obtained.
4.7.1 Longitudinal Relaxation T
T can be calculated from the spin echo sequence by varying the
repitition rate and comparing it to an image with a very long
repitition rate.
For the first sequence ‘a’ with a repetition rate of the order of
T , the magnetization is given by :
M(te) = M exp(-te/T2)[ 1 -exp(-T/T 1)] (4.53)
a o
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For sequence ‘b’ if T > T , the magnetization is given by
where te is the echo time and T is the repitition rate.
Ml(te)= M exp(-te/T2)
b o
(4.54)
Substitution equation (4.53) into (4.54)
M (te)= M (te)( 1 -exp(-T/T 1))
a b
(4.55)
Rearranging this gives
ln[l-M  (te)M (te)] = -T/Tl
a b
(4.56)
Therefore by varying the repitition rate T, the value o f T1 is 
obtained. Results for this are shown in Figure 4.4.
TLaune 4.4 Riot a( Zn(l-M/M ) aqalnat nepetition note. T.
a b
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Plot A represents an input parameter of Tl=500ms and plot B 
Tl=300ms. The graph yields values of 500 +/- 2ms and 300+/- 1ms 
respectively.
4.7.2 Transverse Relaxation T 2
If long repetition rates are used then equation (4.24) is valid. 
Rearranging it gives
ln[M (te)] = -te/T2 + ln[M ] (4.57)
a o
By varying the echo T2 can be obtained. Results for this are shown 
in Figure 4.5.
6 T
5 - 
4
ln(M(te)) 3 - 
2 
1 - 
0 -
0 0.02 0.04 0.06 0.08 0.1 0.12 0.14 0.16 0.18 0.2
te (secs)
Tigu/ie 4.5 Plat a§. ln(Ai(te)) agairtAt echa time te.
Plot A represents an input parameter of 50ms and Plot B 100ms.
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The graphs yield values of 50ms and 100ms to within a small 
fraction of a percent.
4.7.3 Macroscopic Flow
perfect
In a a NMR experiment when there is no flow present all o f the 
signal occurs in the real image. When there is flow, some of the 
signal will occur in the imaginary image66. The amount of signal
in the imaginary image is governed by the fact that the signal in
the phase image should equal
<j) = ygv8A (4.58)
where y is the gyromagnetic ratio, g is the strength o f the flow  
encoding gradient in the direction of flow, v is the velocity, 8
is the duration of the gradient and A is the time between the 
leading edges of the flow encoding gradients.
The phase will not be exact because o f the assumptions that are 
made in solving the Bloch equations during an r.f. pulse ie. 
relaxation effects are negligible. The error due to this can be
minimized by making the pulses as short as possible.
Also corrections have to be made to the areas of the image beyond 
the phantom ie., where the signals in the real and imaginary 
channels are about the same size and nearly zero, the calculated 
phase from these two will probably not be nearly zero. The 
solution to this is to assign to all pixels in the imaginary image 
below a certain threshold the value zero.
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Care must be taken that sampling of the echo is done from the 
correct position in time. If only the second half o f the echo is 
sampled then this will result in a phase variation across the
image.
Figure 4.6 below shows the simulated data versus the simple 
calculation data.
1 -
0.5
o
Phase (radians)
-0.5
-1
simulation 
numerical prediction
Pixel Number
TLqure 4.6 Simulated data versus calculated data .
It can be seen that there is excellent agreement between the two.
4.7.4 Microcirculatory Flow
Diffusion and both types o f perfusion (coherent and incoherent)
merely attenuate the signal. The result of adding these terms
would be an exact reflection of the input value but for the
gradient factors that they are multiplied by i.e., the b (or c)
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factors. These gradient factors are worked out numerically and 
there will therefore be some inaccuracy - the degree depending
upon how many fine steps the time is broken down into. The
equation describing the b factor (2.11)
b = t2 2  2
k =  1 1 =  x,y,z
g 2s2_ .(A -
kl kl kl
For G = 30mT/m, 8 = 40ms and A = 68ms the above equation gives a b 
factor of 9 .45998xl07m2/s. The numerical solution to this used in 
the simulation gives a value of 9.46144xl07m2/s. This value is to 
within 0.02%.
4.7.5 Slice Selection
To see whether a rectangular slice profile is obtained from the
selective pulse, the magnetization as a function of position in the
selection direction (z) can be viewed following the pulse. Fig.4.7
overleaf illustrates what should happen for the three components
Mx, My and Mz.
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Tlgnne 4.7 Theoretical components of magnetlqatian fallowing, d ic e
selection.
Figure 4.8 below shows the simulated data.
Distance (mm)
Tiqurie 4.8 Wimulated components of morpnetlqation fallowing, d ic e
selection.
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4.7.6 M otion A rtifacts
It was seen in section 2.8 that there exists a relationship between
sequence parameters and motion characteristics
SEP = Y x  n x TR/T
T O T  av
where SEP is the separation of the ghosts on the image, Ytot is 
the total number of capillaries across the field of view, n is
av
the number of acquisitions averaged before each new phase encoding 
step, TR is the repitition rate and T is the period of the motion.
Therefore, for a given T, TR and number of averages, the deduced 
separation of the ghosts ought to be the same as that given by the
simulation.
N.B. Care must be taken to ensure that the amplitude of the motion 
is much smaller than the field of view otherwise there will be a 
‘wrap around’ of the object and ghost leading to a distorted image.
Figures 4.9 and 4.10 overleaf show images for TR = 5sec, T =
16sec, Y = 16, n = 1 and motion amplitude = 0.5mm for motion in
’ T O T  av e
the x and y direction respectively. The separation is 5 pixels 
which is what would be expected from the above equation.
N.B. The x-direction is horizontal and the y-direction vertical on 
the simulated images.
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Tigure 4.9 &Rect of motion in the x-directian on an image.
Tigune 4.10 &(fect of motion in the g-direction an an image.
4.7.7 Noise
The random number that is added on to the real and imaginary 
signals is very straightforward and merely manifests itself as lack
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of uniformity of the image.
4.7.8 Eddy Currents
Eddy currents have no effect if they have decayed away in time 
before any imaging gradients are applied. This was seen in the 
analysis of 5.3.1 for eddy current constants of 1ms in images 5.17 
and 5.18.
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4.8 EXAMPLE SIMULATED IMAGE
An example experiment was carried out with the simulation. A T 
variation was incorporated as illustrated below in Figure 4.11.
T£)
2.5 
5
^  1.308
Tiqune 4.11 T Asaniation acnoss the image.
Parameters used were
TR (repetition rate) = 4sec
TE (echo time) = 20msec
T = 200ms 2
gx (frequency encoding gradient) = 0.313168mT/m
dgy ( phase encoding gradient increment) = 0.0391461mT/m
FOV = 20cm
Sampling rate = 0.375msec
The simulation took just under an hour to run and the resulting 
image is shown in Figure 4.12 overleaf.
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Tigure 4.12 Simulated image (ram data of Tig 4.11.
This appears to give very good agreement with the input data.
Figure 4.13 shows profiles through A and B to give more accurate 
information.
Image Intensity
Pixel Number
Tigure 4.13 Profiles through the simulated image.
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4.9 CONCLUSIONS
The writing o f the computer simulation provided excellent insight 
into the theoretical side of the MRI experiment. It also gave 
understanding of the perfusion and diffusion models since they had 
to be incorporated into the simulation.
The end result of the simulation provided a powerful analytical 
tool. Due to the modularity of the design the simulation will be 
relatively easy to modify to incorporate any further effects.
The only drawback of the simulation was the time taken to run the 
experiment and the necessary resulting low resolution (16x16 
pixels). Having said this the low resolution of the images did not 
prove to be a problem. The running time can be greatly reduced by 
running the program on a faster processor.
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CHAPTER V
ANALYSIS OF DIFFUSION AND PERFUSION IM AG ING  TECHNIQUES
143
5.1 INTRODUCTION
The diffusion and perfusion imaging techniques detailed in
Chapter Two were all borne out o f theories and mathematics that 
assumed ideal systems. ‘Ideal’ in this context may refer to a
completely isotropic orientation of capillaries, or a complete 
absence of eddy currents, or negligible background noise.
The intention o f this chapter is to take the three main perfusion 
imaging categories : IVIM imaging, phase display and rephasing
techniques, and analyse them in terms of all factors which could
affect measurement and interpretation of diffusion and perfusion 
values. The IVIM imaging and phase display techniques were 
decribed in sections 2.7.3.1 and 2.7.3.3 respectively. There are a 
number of rephasing techniques with the standard ones described in
2.132 . However none o f these give quantitative information about 
flow and so in general they do not aid this analysis. Chapter Six 
describes a new method o f perfusion measurement based on the 
rephasing phenomenon of even echoes which does provide
quantitative information and is therefore frequently used in this
chapter. Two sequences are executed : the first is a standard
single echo sequence with strong additional flow encoding 
gradients, the second is a double echo sequence with matching
gradient factors to the first sequence. By dividing the single 
echo sequence by the double echo sequence one can obtain 
quantitative information in the form of a perfusion fraction. For 
more information see 6.2.1.
All o f the techniques use the same sequence parameters that have 
been reported by the appropriate experimentors.
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These factors affecting flow measurement fall into three groups
1. Flow models - transitions between anisotropic and 
isotropic capillary orientations, and between coherent and 
incoherent flow regimes.
2. Hardware - presence of eddy currents, signal-to-noise
requirements and gradient balancing.
3. Flow and motion effects - presence of motion artifacts and
changing flow during measurement.
The analysis will be done where appropriate using the simulation 
described in Chapter Four. Otherwise relevant mathematical
treatments will be given.
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5.2 FLOW  M ODELS
5.2.1 Analysis o f the Anisotropic/Isotropic Transition
In Chapter Two the body was described in terms of different flow  
systems. In the microcirculation, the arrangement of capillaries
depends upon the organ in which they are situated - but can be
anything from parallel (anisotropic) to completely randomly 
oriented (isotropic). Each o f the diffusion/perfusion imaging
techniques assume a model of the microcirculation - if  that model 
is not an accurate representation of the true physiology then the
results obtained using that technique would not be valid. For
example, some investigators have used the IVIM imaging technique 
(which assumes an isotropic orientation o f capillaries) to measure
perfusion in the limb muscles where the capillaries are clearly not
in a random orientation.
This section attempts to follow the transition between the
anisotropic and isotropic models of the microcirculation - and 
analyse the results that different diffusion and perfusion
techniques would give.
It was seen in 4.3.4 that there is an attenuation factor F due to 
microcirculation - it’s form depends upon whether the flow is
incoherent (changes direction during measurement time) or coherent
(remains constant in speed and direction during measurement time). 
For incoherent flow,
F. = exp(-b .D ) (5.1)
incoherent
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$
where b is the gradient factor and D is the pseudo-diffusion 
coefficient. For coherent flow
(5.2)F = f f p(0)p(v).exp(ic.v.cos0)sin0 d0 dv
coherent J 0 0
where 0 is the angle between the direction of the capillary segment
and the gradient direction, v is the instantaneous velocity and
p(0) and p(v) their respective population distributions.
When the capillaries are oriented other than isotropically the
incoherent attenuation factor can be expressed in terms of
orthogonal components x,y,z, and becomes
exp(-b JD - b .D - b .D ) (5.3)
^  x x y y z z
The only real effect that this will have is that there will be a 
greater signal attenuation if the flow encoding gradient is
applied along the same direction of the elevated pseudo-diffusion.
For anisotropic coherent flow instead o f summing p(0) from 0 to 
tc, it is summed to a value of less than tc (to simulate a bunching 
of capillaries rather than an even distribution on the surface of 
a sphere.)
Equation 5.2. is solved numerically for two different flow models 
plug flow
p(v) = 5(v-vQ) (5.4)
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where v q is the velocity of the plug flow, and laminar flow
p(v, .  { ( 5 . 5 )
where v = v 12.
0 m a x
Figure 5.1 below is the solution to equation (5.2) solved for a 
range of angles, for both plug and laminar flow - with vQ=2mm/s 
and c=2829s/m.
Tiqure 5.1 Theoretical attenuation curmes from anisotropic to  
isotropic faow far the plug and laminar flaw models far c=2829s/m.
N.B All the following techniques use D =1.25xl0’9m2/s, 
D*=2xl0"8m2/s, f  = 5% and v=2mm/s.
IVIM Imaging
The parameters used were bo=0, bi=94.6xl07s/m2, b2=1.799xl08s/m2,
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cQ=0, c =28298/01, c2=3901s/m.
Diffusion Coefficient. Figure 5.2 below shows that the plug flow
model is accurate at the beginning and end of the curve, but in
between has rather wild fluctuations (these come from the sine
‘wiggles’ from Figure 5.1). Measurements vary by as much as 16% on
these dips.
Tigure 5.2 Theoretical prediction of diffusion coefficients for 
plug and laminar flaw models varying with degree, of anisotropy.
The laminar flow model only varies by about 5% along the curve - 
very accurate for anisotropic flow, over-estimating by ~2% at the 
end.
Perfusion Fraction. For the plug flow model, at more anisotropic 
flow regimes there will be no measured perfusion fraction as can 
be seen in Figure 5.3 overleaf. It then climbs dramatically to a 
point at around 0 = 7t/2 when the measurement would be 6% - 30%
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higher than the value of 4.6% measured at complete isotropy.
Tlqune 5.3 JhennetLoal pnedictions oj pen(usian (nactians (on plug
and iamlnan (law models ranging with degnee a( arusatnapg.
For the laminar flow model the measured perfusion fraction
remains roughly constant with a few oscillations along the curve, 
but it is always on the low side.
■ For the pseudo-diffusion model o f perfusion, if  there was a
higher pseudo-diffusion coefficient this would result in a more
accurate measurement of f, because the IVEM technique is based on
the fact that e‘bD~ 0 for b and b . Likewise, if  D* was smaller1 2
along that axis, f  would be measured less accurately.
Different conclusions may be arrived at depending upon whether 
the flow in the capillaries is best described by the plug or
laminar flow model. The plug flow model suggested that at anything
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other than complete anisotropy, spurious results for both the 
diffusion coefficient and perfusion fraction would result, 
rendering the IVIM technique useless. Results using the laminar
flow model - which may in actual fact be closer to the 
physiological reality - are much better. There is certainly a
departure from the true values, but by far less than when using
the plug flow model. The greatest inaccuracy would be when 
measuring the perfusion fraction in an intermediate orientation.
In conclusion then, in order to get the most accurate measurements
it is important that the technique used is appropriate to the 
capillary arrangement. However, the departure from ‘true’ values
are not in fact that great.
N.B. This analysis uses only a simple model to see the effect of 
changes in the orientation of the capillaries on the measured 
diffusion coefficient and perfusion fraction. It should be noted
that if  the capillaries are oriented other than isotropically then 
this will have a direct effect on the measured diffusion 
coefficient since the capillaries will form a barrier to diffusion
67in a particular direction.
Phase Display
Equation (5.2) was solved using c=8186s/m which is calculated
from typical phase display experiments. Figure 5.4 overleaf shows
the results for plug and laminar flow, for the transition from
anisotropic to isotropic flow.
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TLgure 5.4 Mtenwition cu/vaes piam anisotropic to  isotropic flaw 
far the plug and laminar faow models far c=818 6s/m.
The phase display technique assumes anisotropic flow so that an 
overall phase measurement will assigned to each pixel. Figure 5.5 
overleaf shows the effect of the changing degree o f anisotropy on 
the measured phase (d>m) calculated from phase of the flowing spins 
(<{>v) according to
<X> = tan_1((f.sin(0 )/((l-f)+f.cosO  ))) (5.6)
m  v v
(From section 2.7.3.3.)
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 Laminar Flow
-------Plug p|0W
Degree of Anisotropy (rad)
Tigure 5.5 Theoretical prediction of measured phase <b varyingm
with degree of anisotropy for plug and laminar flaw models.
The measured phase oscillates wildly for both the laminar and
plug flow models. This is due to phase wrap around i.e., if  the 
value of (j>m in radians exceeds +2je, then the phase will be given a 
value starting ‘again’ at -2;t. For anisotropic flow (where the
model is appropriate) there is a sensible value o f phase, but 
after this it would be difficult to get an accurate measurement, 
whether using the plug or the laminar flow model. At complete
isotropy there is no detectable phase which is what would be
expected since there can be no overall phase measurement when the 
capillaries are oriented isotropically.
Therefore measured phases are not reliable at anything other 
than complete anisotropy.
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Rephasing Techniques
coherent so that by the addition o f flow rephasing gradients, or
o
another 180 pulse, the flow will be rephased. Whether the coherent 
flow is isotropically or anisotropically oriented makes no 
difference.
This group of techniques rely on the fact that the flow is
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5.2.2 Analysis of the Coherent/Incoherent Transition
As mentioned in 5.2.1, there exist different models of
microcirculation. This section analyses not the arrangement of the
capillaries but the ‘regime’ of the flow i.e., whether it is
coherent or incoherent. The different diffusion/perfusion imaging 
techniques are appropriate to particular flow regimes usually one
or the other but the IVIM imaging technique is suitable for both.
It is important therefore to gain an understanding o f the flow
regime but this is difficult and the interpretation of the
available physiological data varies considerably from group to
group. The seminal research into the tomography of capillaries in
the brain (where most diffusion/perfusion work is done) was
consulted14. With this information this section attempts to unravel 
how suitable each of the imaging methods are, assuming there own 
interpretation of the data and then the suitability assuming the 
author’s interpretation and mathematical analysis.
The key research paper on the subject of microcirculation in the
brain was by Pawlik et al14. They visualized the microcirculation in
the cerebral cortex of the cat brain in vivo using a technique
called microtransillumination and documented it by high-speed
microcinephotography. The data most relevant to this analysis is
the velocity of the flow through the capillaries and the length of
the capillary segments. The lengths of capillary segments were
68found to follow most closely the Weibull distribution which has a 
frequency distribution given by
f(t) = mXf-'expC-Lt"1) (5.7)
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and a cumulative density function given by
F(t) = 1 - exp(-Atm) (5.8)
Pawlik determined a cumulative density function
F(X<x) = 1 - exp(-x/150.33)U3 (5.9)
from which X and m can be deduced.
The lengths o f capillary segments varied widely from 12 to 302pm
with 50% being up to 108pm. From this data a plot can be obtained
of the frequency of capillary lengths. This is shown in Figure 5.6
below.
TLqure 5.6 frequency distribution of capillary lengths.
From Figure 5.6 the fraction of coherent and incoherent flow can 
be deduced. The length that a plug of flow has travelled during the 
measurement time is given by 1^ and is governed by the velocity of
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the flow and the measurement time. Figure 5.7 below shows this 
travel length on the axis of the frequency distribution of
capillary segment lengths.
Tigure 5.7 Travel length in relation ta  frequency distribution.
The flow on the left of the intersecting line will be incoherent 
since the fluid will all have gone further than 1. There will also 
be a contribution from the right hand side - those plugs of flow 
which by virtue o f their distance down a capillary segment will 
change direction during the measurement time. The coherent flow  
fraction is given by the remainder. Expressing this mathematically
J .302
fra. = | lf(l) dl + I f( l) .l/ 1 dlme I I * t12 J 1
(5.10)
fra = 1 - fra
con incoh
(5.11)
where f(l) is the frequency distribution of capillary segment
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lengths, and is given by
0.02583.(1- 12)a23.exp(-0.021.(l-12)1'23) (5.12)
Figure 5.8 below illustrates how the fractions of coherent and 
incoherent flow change as a function of 1.
Tigune. 5.8 Tnactlons o( cahenent and Incahenent winging with
tniwel length I .
IVIM Imaging
A simple definition of the NMR signal (ignoring the effects of T1 
and T2) is given by
S = exp(-b.D).((l-f) + f.F)) (5.13)
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where b is the gradient factor, D is the diffusion coefficient, f  
is the flowing fraction of spins and F gives an attenuation due to 
the perfusion i.e., there is a small fraction of perfusing and 
diffusing spins, and a remainder of diffusing only spins. This F 
factor is different depending upon whether the flow is coherent or 
incoherent.
F = sin(c.v)/c.v (5.14)
coherent
(assuming plug flow)
F. = exp(-b.D ) (5.15)
incoherent
where c is another gradient factor, v is the velocity of the flow  
and D is the pseudo-diffusion coefficient. It is assumed that the
flow is completely isotropic for this analysis.
Equation (5.13) becomes
S=exp(-b.D).((l-f) + f.(fra. P. . + fra P  )
m e  incoherent coh coherent
(5.16)
Using this equation for the three different values of flow  
encoding gradients the diffusion coefficients and perfusion 
fractions can be determined. Figure 5.9 overleaf illustrates the 
results.
159
Perfusion Fraction 
f
Diffusion Coefficient 
(x l 0 A 9m A 2/s)
Tiqure 5.9 Diffusion coefficients and perfusion fractions \mryinq, 
with degree of coherence as a function of travel length.
The diffusion coefficient is initially below the correct value and 
increases to an over-estimate, varying by a maximum of about 20%. 
Th perfusion fraction increases exponentially to the most accurate 
estimate at complete coherence.
It is interesting to note that although the IVIM technique is 
supposedly suitable for both flow regimes, it provides more 
accurate results for incoherent flow.
Phase Display
Generally, the phase from a perfusion imaging experiment is given
by
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<D = tan'^f.sinO /((l-f)+f.cos<E>))
m  v v
(5.17)
where f  is the fraction of perfused capillaries (see 2.7.3.3).
The experimental set-up should involve varying the gradient to 
maximise d> (i.e., d> tc/2). Therefore,
m  v
<t> = tan’’(f/l-f) (5.18)m
f  is more accurately described as the fraction of coherent flow  
capillaries and so the fraction of coherent flow can be normalised 
to a maximum of 5%, and substituted into equation (5.18).
d> = tan’1 (fra /  (1-fra )) (5.19)
m  coherent coherent
The graph of this is shown below in Figure 5.10 and is identical 
to Figure 5.6 since tan_1(x)  ^ x.
cFiqure 5.10 M easured  p h a se  v a r y in g  w ith  d e g ree  o f  c o h e re n c e  a s  a
p m c tia n  o f  t r a v e l  leng th .
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Therefore as might be expected accurate phase measurements will 
only be possible when the flow is coherent.
Rephasing Techniques
These techniques are again difficult to evaluate because they do 
not give qualitative results except for the new technique proposed 
in Chapter Six. An analysis will be done for this technique. 
Equation 5.16 is solved for two cases : c=0 and c=5000s/m with 
b=4.79xl08m2/s for both sequences. The resulting signals are 
plotted on Figure 5.11 below.
Travel Length
Tigune 5.11 Tahitian ta equation 5.13 (an c=0 and c=5000o/m, 
ranging with degnee of cohenenceas a (unction of trumel length.
It can be seen in Figure 5.11 that as the flow becomes more
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incoherent the difference between the two signals becomes less and 
less leading to an under-estimate o f the perfusion fraction since 
the difference is given by 1-f.
Therefore for this particular technique at least it is important to 
have a coherent flow regime.
5.3 HARDWARE
5.3.1 E ffect o f Eddy Currents
Eddy currents have long been known to cause problems in MRI, and
have potentially serious effects in diffusion/perfusion imaging
where the additional gradients are often very large.
Eddy currents exist due to the design of a magnet. In a
super-conducting magnet there exist at least two conducting
cylinders between the room-temperature bore and the magnet 
windings. The gradient coils inductively couple to the first
conductive cylinder that they ‘see’ in the magnet - usually the 77K 
radiation shield, which is typically o f pure (high electrical and
thermal conductivity) aluminium. The coils induce currents of the 
same symmetry but opposite sense in the shield, creating a current
distribution that is like a smoothed out version of the gradient.
For example, a waveform of the shape shown in Figure 5.12
Tixgure 5.12 Example square gradient waveform. 
would induce a waveform of the type in Figure 5.13 overleaf.
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T ig u re  5.13 In d u c e d  c u r r e n t  uMwefarm.
This leads to a combined waveform of that shown in Figure 5.14.
Tiqune 5.14 Resulting, gradient UKmefarm.
i.e., the maximum gradient is not achieved immediately and it 
decays slowly away.
Commonly eddy currents are corrected for by using pre-emphasis 
which adds one or more exponentials to the gradient waveform. For 
example a current waveform similiar to that shown in Figure 5.15 
overleaf.
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T iq u n e  5.15 T re -e m p h a sis  c u r r e n t  w aveform .
would be added to the square output waveform to produce the 
waveform below in Figure 5.16
TLqure 5.16 ddditlan of pre-emphasis to gradient waveform.
which when added to the eddy waveform would produce the original 
desired rectangular waveform.
Alternatively, self-shielded gradients can be used which work by 
deducing the induced current pathways and building coils to negate 
their effect. These have the disadvantages that they take up more 
physical space hence reducing bore size, they are difficult to 
build and are expensive to buy.
The following analysis will assume that neither of the two
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methods of elimination have been used which is a little 
unrealistic but still instructive. Eddy currents originating only 
from the large additional flow encoding gradients will be 
considered.
The effects that eddy currents have on an image are numerous and
depend upon which of the imaging axes the flow encoding gradient 
is applied and also the time domain of the eddy current. There are
three time domains that can be considered :
(i). Long (>20ms). These will typically be small - of the 
order of a few percent of the original gradient, and can be
considered to be constant over a short time scale.
(ii). Intermediate (l-20ms). These are probably most typical 
and will cause the greatest problems. They are also the most
difficult to model because they vary with time.
(iii). Very short (<lms). Provided that the different
gradients are not very close to each other these will have no
adverse effects on the image, and so will not be considered.
Gradient Parallel
The effect that the additional gradient has on subsequent imaging 
gradients along the same axis is analysed in the following.
Frequency Encoding. Referring back to equation (1.64), the signal
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during the frequency encoding gradient is given by
S = D(x).exp(it (yG x)) (5.20)
m  m  x
The effect of a residual eddy current on during acquisition can be
modeled by adding another term to (5.20).
Sm= D(x).exp(itm(yG^x)).exp(itm(-YGe(x,y,z,t)x)
= D(x).exp(it (y(G -G (x,y,z,t))x)) (5.21)
m  x  e
where G (x,y,z) is the initial magnitude of the eddy current6
induced gradient waveform.
For a long term eddy current Ge(x,y,z,t) can be approximated to
G£(x,y,z) i.e., a constant in time. The effect of this is to
decrease the overall gradient (since eddies oppose), so reducing
the frequency spread which manifests itself as a contraction of
the object.
For intermediate eddies G(x,y,z,t) will be an exponential
function with a time constant roughly of the order of half the
echo time.
S = D(x).exp(it 'vG x).exp(it Y(~exp(t /T))x)
m  m  x m  m
= D(x).exp(itmY*(Gx-exp(tm/T))) (5.22)
It is not easy to envisage what effect this will have on the
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It can however be solved analytically using the computer 
simulation described in Chapter Four.
Three time ‘constants’ (T) were used 100, 10 and 1 secs. The
initial magnitude of the eddy induced gradient waveform was given 
to sizes corresponding to 5% and 25% of the frequency encoding 
gradient i.e., 1.56584 x 10"5 and 7.8292 x 10"5T/m.
Resulting images are shown in Figures 5.17 and 5.18.
image, and the Fourier Transform is non-trivial.
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Tigune 5.17 Fffect of eddy cunnents on art image fan & = 1.56584 x
e
10 5T/m, and T — (a) 100, (b) 10 and (c) Imsecs.
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Tlgure 5.18 Effect of eddy currents on an image, for &= 7.8292 x 
lO V/m, and J = (a) 100, (b) 10 and (c) 1 msees.
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It is immediately apparent that for eddies with shorter time 
constants their is no apparent effect on the image which is what 
would be expected because they would decay away very quickly. For 
longer time constants however their is considerable variation in 
intensity across the image. This is seen most visually in Figure 
5.18 for T = lmsecs where there appear to be ripples in the
intensity. For a large eddy current effect i.e., 25% of the
frequency encoding gradient there is also a contraction of the 
image which again would be expected given that the frequency 
encoding gradient would be reduced.
For short term eddies (elms) there will be no problems because
they will decay away before they can interfere with the frequency 
encoding gradient.
The effect of eddies on the frequency encoding gradient depend
entirely on the time domain of the eddies. For intermediate and 
long term eddy currents the effects are serious and will 
undoubtedly affect accuracy of quantitative measurements to due 
poor linearity of the image intensity and change in shape of the 
object.
Phase Encoding. In an analogous manner, refer back to equation (1.68) 
where the signal due to the phase encoding gradient is given by
Sn= D(y).exp(iYTGfyy) 
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(5.23)
The effect of an eddy induced gradient which is on during phase
encoding is given by
Sn= D(y).exp(iyrGy.y).exp(iyJ G£(x,y,z,t) t dt.y)
(5.24)
The additional term is constant from scan to scan (if the eddy 
current is always the same size) and so the signal can be written
Sn= D(y).exp(iyTG”.y).exp(i<j>) (5.25)
When Fourier Transformed the eddy current term will come out as a 
constant which will merely shift the object within the field of 
view. This is the case for either long term or intermediate eddies 
because (j) depends on the integral of the gradient waveform and not 
its shape. This also applies to short term eddies but is not
relevant because they will have died away already.
Therefore, if the eddy currents remain constant there will be no
consequence for quantitative flow measurements because all the 
images will be shifted.
Slice Selection. From equation (1.63) it can be seen that the 
gradient strength is proportional to the size of the selected
slice. If there are eddy induced gradient waveforms which oppose
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the slice selection gradient then this will lead to thicker slices 
being selected. However this is for uniform gradients. If the 
gradients are decaying away exponentially this may have some
additional effect on the selected slice.
This was analysed with a one dimensional version of the computer 
simulation of Chapter Four.
Figure 5.19 overleaf shows the effect on the selected slice for a 
variety of eddy current time constants. The slice select gradient 
was on for a duration of 1.5ms. The profile shown is actually that 
of the z-component of the magnetization and can be compared with 
that shown in 4.7.5.
 0.1ms
 0.01ms
 0.001 ms
  0.0001ms
4
Tlyune 5.19 Effect of eddy cunnents on the &lice shape.
Whilst the slice thickness is increased for eddies with longer
time constants (because there is a larger gradient still on, hence 
smaller residual gradient) there appears to be no distortion of the
174
10 -p
9 -  
8 -  
7 -  
6
Mz 5 -  
4 -
3 - 
2
0 10 20 30 40 50 60 70
Distance (mm)
slice profile.
In conclusion, if the eddy currents are constant then although the 
thickness of the slice will not be as expected, there will again be
no serious consequences for flow measurements.
Gradient Perpendicular
Frequency Encoding. If the flow encoding gradient causes eddy 
currents in a direction orthogonal to the frequency encoding
gradient the signal will be given by
S = D(x).exp(it yG x).exp(it (-G (x,y,z,t).r)) (5.26)
m  m  x  m e
For long term eddies the additional gradient can be considered to 
be constant and the effect is that the combined gradient is 
directed along a different direction : the displacement from the x
axis depending upon the magnitude of the eddy current and the axis 
along which the eddy induced waveform lies.
For intermediate eddies the case is once again non-trivial because 
of the gradient amplitude changing during acquisition. However the
effect would be the same as that shown in Figures 5.17 and 5.18 but 
with the image plane skewed. Due to the small number of pixels used 
in the simulation this could not be illustrated effectively.
Phase Encoding. For flow encoding on an axis orthogonal to the
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phase encoding gradient, the resulting signal is given by
T
Sn = D(y).exp(iyTG”.y).exp(iyJ GE(x,y,z,t) t dt.r)
= D(y).exp(iyTG“.y).exp(i<)>(r)) (5.27)
As in the ‘gradients parallel’ case the eddy current term will
come out as a constant phase. This time however there is also a 
skew due to the gradient not being along the y axis.
Slice Selection. For the case of a constant additional gradient the 
selected slice would merely be rotated by an amount governed by the 
strength of the additional gradient in comparison to that of the 
slice select gradient. For shorter term eddies, profiles like those 
in Figure 5.19 would be expected but with the additional skew due
to the presence of a simultaneous gradient along another axis.
General conclusions that can be reached are that if the eddy
currents are constant form scan to scan then only if they are along
the frequency encoding axis will they cause any major problem 
affecting quantitative diffusion and perfusion measurements.
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5.3.2 Signal-to-Noise Requirements
Noise proves to be one of the most serious problems in perfusion
imaging. This is because the level of noise which is generally of
the order of a few percent is at the same level as the perfusion
fraction.
IVIM Technique
Madden and Leach69 modelled the imaging process, creating a 2D
complex object. The effects of perfusion and other flow effects
were introduced into the image and the impacts of various motions 
and imaging parameters investigated. The SNR of the perfusing and 
static fractions was investigated for a number of sequence
parameters reported by other groups, with a noise level estimated 
using the groups own values.
They found that after adjusting the signal for T2 effects and the 
intravoxel blood fraction the perfusion contribution was comparable
to the noise level, preventing accurate measurements. The effect of
noise was further accentuated by division of the data sets (for the
IVIM technique). They deduced that a factor of ten improvement in
the blood signal is required for perfusion quantification to become
feasible.
70In another study computer simulations were used to estimate the
SNR requirements for accurate measurements of the diffusion 
coefficient (D) and the perfusion fraction (f). Simulated IVIM data
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was generated using f = 5%, D = lxl0"9m2/s and D*= lxlO'8m2/s (D* 
is the pseudo-diffusion coefficient). The data was contaminated 
with noise and the minimum SNR requirement for estimation of IVIM 
parameters within the desired accuracy was determined. They 
discovered that for an accuracy of +/- 5% in D (with a b factor of 
3xl08s/m2), a SNR of 61 is required. However a SNR of 313 would be 
required to determine f to within +/- 20% at b=3xl08 s/m2.
Another published study71 on the subject concludes that to 
estimate diffusion coefficients to within 20% a SNR of 40:1 is 
required. However, for 20% accuracy of perfusion fraction this 
requirement becomes 400:1.
This is a very tough criteria to meet. Clinical systems at 0.5T
and 1.5T commonly have SNR of around 40 and 120:1 respectively. 
Therefore in order to obtain accurate perfusion measurements large
numbers of averages would need to be obtained which would be a
problem in a clinical environment unless rapid imaging techniques
such as EPI are available.
Phase Display
The necessary SNR for accurate phase measurements was calculated 
by adding noise in the guise of a random number generated by a 
mathematical function as illustrated in Figure 5.20.
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Tigune. 5.20 dddinq noise ta signals.
The measured phase was then calculated from
©m= tan'1 (f. sin©y(( 1 -f)+f.cos©v)) (5.28)
The result of this analysis was that for an accuracy in the phase
of 20%, can be achieved with a noise level equivalent to 50% of the
joc0A rS°
signal size. This is surprisingly low.
A
Rephasing Techniques
The rephasing techniques do not give quantitative information,
except for the new perfusion imaging technique detailed in Chapter 
Four. Therefore most will suffer little apart from degradation of
the image quality. The new technique described in Chapter Six can
be evaluated in terms of the require SNR by looking at the
attenuation with the flow encoding gradients.
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Typically the b factor for the new technique is 4.79xl08s2/m. 
Therefore the required SNR will be
SNIW  (eXP(-breph.Sc-D VexP(-bIVIM-D » -SN1\ v M (5-29)
where brephase-  3xl08s2/m, SNR^^ = 313 : 1, for example. The 
calculated SNR = 397 : 1, which is an even tougher criteria
rephase
to meet.
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5.3.3 Balancing o f Flow Encoding Gradients
One of the most difficult but crucial steps in 
diffusion/perfusion imaging is the balancing of the large flow 
encoding gradients. The analysis below illustrates the extent to 
which they must be matched in order to get reliable measurements 
of the diffusion coefficient and perfusion fraction.
The phase that an isochromat of spins acquire along a given axis 
is given by
In this analysis g? is given typical IVIM imaging flow encoding 
gradient values i.e.,
Reasonable values for zl and t are 0.01m and t = 0.04secs 
respectively.
If the gradients were perfectly balanced then the phase acquired 
during the first half of the spin echo would be canceled out by 
that from the second half. (This is assuming no net motion).
However, if there is an imbalance between the two lobes of the 
gradients there would be a resultant phase shift leading to a
dt'dz' (5.30)
gl = 3.88762xl0"3T/m
and g2 = 5.611xl0'3T/m
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Figure 5.21 below illustrates the effect of a poor second 
gradient on the measured signal.
reduction in the signal size.
Tiqure 5.21 Wiqnal reduction due ta poonlg balanced gradients.
There is an exponential increase in the signal level as the 
gradients become better matched.
IVIM Technique
The reduction in amplitude causes enormous errors in the measured 
D and f which can be seen in Figure 5.22 overleaf.
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%  match of flow encoding gradients
Perfusion Fraction
Tigure 5.22 Theoretical prediction of diffusion coefficients and
pxerfusion fractions for poorly balanced gradients.
(8 = 40ms, A = 68MS, TE = 140ms, b0= 0, b =  9.46xl07, b2=
17.99xl07 c.f. Le Bihan).
The diffusion coefficient is over-estimated for badly matched
gradients, for a mismatch as small as 4%.
The perfusion fraction in under-estimated for badly matched
gradients.
It is crucial therefore at set-up to carefully adjust the flow 
encoding gradients for maximum signal (see 6.2.2).
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Phase Display
It can be seen from Figure 5.23 that there is a linear increase to 
the correct phase. If the gradients are not properly balanced then 
the measured phase will be under-estimated.
Tigure 5.23 Theoretical prediction of measured phase for poorly
tkilanced gradients.
Rephasing Techniques
These techniques are reliant on the fact that the coherent flow 
is rephased. However, if the gradients are not balanced there will
not be complete rephasing. There will be a variety of effects 
depending upon the particular technique. For the technique 
described in Chapter Six the effect will be a reduced signal
intensity for both sequences. Therefore although the perfusion
184
fraction will not be directly affected, there will be a reduction 
is the signal intensities and therefore a decrease in the SNR
hence reducing the accuracy.
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5.4 FLO W  A N D  M O TIO N  EFFECTS
5.4.1 Simulated E ffec t o f M otion A rtifacts on Measurements
Section 2.8 describes the effects that motion artifacts have upon 
a reconstructed NMR image, in particular how the spacing of the 
resulting ghosts are determined by the number of pixels (YTOT)> 
averages (nav)> the period of the motion (T) and the repetition 
rate (TR). The formula is given by equation (2.14)
separation = Ytotx n x TR/T (5.31)
Also it was noted that the intensity of the ghosts are 
proportional to the amplitude of the motion and the intensity of 
the originating body.
This section seeks to examine what effect flow encoding gradients 
have upon motion artifacts, and the subsequent effects on 
diffusion and perfusion measurements.
All results come from the simulation described in Chapter Four 
with parameters chosen such that the object was only one pixel in 
size in the centre of a 16x16 pixel FOV - the ghosts spaced at 5 
pixel intervals.
The effect that varying the magnitude of the gradient has on the 
original object and ghosts can be seen in Figure 5.24 overleaf.
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Tiqune 5.24 Effect on motion artifacts of increasing, gradient
strength with a motion amplitude of 0.2mm in a TOV of 200mm.
[Parameters : T = 500ms, T = 200ms, te = 140ms, TR = 5s, 8 = 40ms, 1 2
A= 68ms, FOV = 200mm and amplitude of motion = 0.2mm].
It is apparent that there is a dramatic reduction in the signal 
from the object even with a small motion amplitude of 0.2mm.
Figure 5.25 overleaf shows the effect of varying the motion
amplitude on the object and ghost - all with a gradient strength 
of 5mT/m.
187
60 -r
0 0.5 1 1.5 2
Motion Amplitude (mm)
Tlqnre 5.25 Effect an motion antifacts of increasing motion 
amplitude far gradient strength of 5mSf/m and TOV of 200mm.
Again there is serious reduction in signal form the object an
motion amplitudes increase, eventually falling below the level of
the ghosts for motion amplitudes above 1mm.
It is interesting to examine whether it is the strength of the
gradient or its duration which is the prominent cause of the
problem. In order to investigate this the IVIM experiment was
repeated at 0.5mm motion amplitude for the same b factors but
varying 8 between 5 and 65ms, changing the gradient strength to
compensate. Figure 5.26 overleaf illustrates the results.
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cFigure 5.26 Sfaect of varying 8 an the motion artifacts.
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It shows that the ghosts have greater intensity for a longer 
duration of gradient rather than for a larger gradient strength. 
The effect is not a large one however - the ghosts vary by about 
20% over the range, the object by less than one percent.
The following is an analysis of how the amplitude of the motion 
affects the measured diffusion coefficients and perfusion 
measurements using the three main types of sequence.
IVIM Technique
Parameters used were identical to those overleaf. For sequence 0
there was no flow encoding gradient, for sequence 1 g = 3.88762mT/m
and for sequence 2 g2= 5.361 lmT/m. This gave the same b factors as
used by Le Bihan. The diffusion coefficient was given a value of
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1.25xl0'9m2/s and the perfusion fraction was 5%.
Figures 5.27 and 5.28 illustrate the calculated diffusion 
coefficients and perfusion fractions for increasing motion 
amplitudes from the resulting images.
am plitude of m otion (mm)
Tigune 5.27 Theoretical prediction of diffusion coefficients
varying for increasing motion amplitudes.
0.04 T
-0.05 L
Tigure 5.28 Theoretical prediction of perfusion fractions varying
for increasing motion amplitudes.
The results are quite dramatic, and indicate that for motion of
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as little as 0.6mm the diffusion coefficient is considerably
over-estimated. The perfusion fraction becomes very inaccurate
beyond 1.8mm.
Phase Display
It is interesting to see the effect that motion artifacts have on
the phase of the signal. The simulation was run with the following
parameters : te = 80ms, TR = 5S, 8 = 34ms, A = 40ms and g =
22.5mT/m. These are identical to those used by Young et al for
phase display imaging of the brain.
The measured phase of the signal is shown in Figure 5.29 below.
M easured  Phase
Am plitude of M otion (m m )
Tigure 5.29 T h e o r e t i c a l  prediction of measured phase A sa r g in g  with
increasing motion amplitudes.
Again, this is a dramatic effect, and shows that if the amplitude
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of the motion is above about 0.3mm then the measured phase will be 
greatly over-estimated.
Rephasing Techniques
The oscillating position which represents motion can be broken 
down into its frequency components by Fourier Analysis. The
components will either be odd or even functions as illustrated
simply in Figure 5.30.
9 0  180 180
odd
even
Tiqure 5.30 Odd and even pvequency components in relation to even
echo sequence.
For an odd frequency component there will be rephasing on the 
second echo (the even echo rephasing phenomenon). For even
frequency components the phase offset will be double that of a 
single echo and therefore the artifacts will be twice as bad.
The combined effect will dependentirely on the nature of the 
oscillation, but it would be between zero and twice as bad.
The nature of the increase of the ghosts with increasing gradient 
strength and motion amplitude would however be the same.
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For a rephasing technique which provides quantitative information
(the one described in Chapter Six), the problem of ghosts would be
virtually identical in both sequences since the b factors are the
same for both sequence. (It was seen that it did not matter to any
great extent whether 5 or g was changed as long as the gradient
factor remained the same). Therefore there will be no problems
obtaining good results in the presence of motion artifacts, as
long as the motion remains constant.
In conclusion it has been seen that the motion artifacts are
greatly increased when additional gradients are applied. The
amplitude of the motion when these effects are very noticeable
(l/10ths of millimeters) are within the range that would be
expected from pulsatile tissue. Therefore it can be deduced that
diffusion and perfusion imaging techniques will generally suffer
from elevated measurements when the object under investigation
undergoes motion - be it pulsatile tissue in the brain or organs
affected by respiratory flow.
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5.4.2 E ffec t o f Flow Changes During Measurement
Recently, experiments have been set up to detect changes in flow 
as a result of some external stimulus. This section analyses how 
the various techniques cope with both changing velocity (v) of 
capillary flow and fraction (f) of perfusing spins since what 
happens during stimulation is not clear.
IVIM Imaging
The following is an analysis of the effect of changes in the 
perfusion fraction (f) and flow rate on the measured perfusion 
fraction (f ) and diffusion coefficient.m
Effect of Changing f on f . In general, changes in the perfusion 
fraction cause no problem. For plug flow, measurements were 4.6%, 
9.2% and 1.8% for input perfusion fractions of 5, 10 and 2%
respectively - all under-estimates by up to 10% . For laminar flow 
measurements are 4.1%, 8.3% and 1.7% for the same respective
perfusion fractions - up to 18% under-estimation.
Effect of Changing the Flow Rate on f . For plug flow, doubling them
flow rate to 4mm/s reduces the perfusion fraction a litde - from 
4.6% to 4.1%. Whilst for laminar flow the same change increases it 
a little from 4.1% to 4.5% .
Reducing the flow rate to 0.8mm/s causes problems for both flow 
models. For plug flow the perfusion fraction is measured at 1.4% -
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for the same value.
The reason why a change in flow rate causes a change in the
measured perfusion fraction is due to the gradient factors not
being suitable for a different flow rates. In the situation of a
substantial change in the flow rate (illustrated by the change from
2mm/s to 0.8mm/s) it may prove prudent to chose b-factors suitable
for a mid-point flow rate as a compromise. This will probably lead
to a less severe change in the measured perfusion fraction.
Effect of Changing f on the Diffusion Coefficient. The diffusion
coefficients are determined most accurately for both flow models
when the perfusion fractions are smallest which is what would be
expected from the theory.
For plug flow, the measured values for an input diffusion
coefficient of 1.25xl0"9m2/s are 1.235xl0'9m2/s, 1.219xl0'9m2/s and
1.244xl0‘9m2/s for perfusion fractions of 5, 10 and 2% respectively
- all under-estimates. For laminar flow the respective values are
1.27xlO'W/s, 1.292xl0'9m2/s and 1.258xl0'9m2/s - all
over-estimates.
Effect of Changing the Flow Rate on the Diffusion Coefficient. The
effect of changing the velocity for plug flow is predictable in
that for a velocity of 0.8mm/s the value is 1.454xl0’2m2/s - an
error of 16%. This is the velocity that caused problems because it
was so different from the assumed value when calculating the
gradient factors. For a velocity of 4mm/s the diffusion
-2 2coefficient is slightly less accurate at 1.298x10 m /s than the
fo r an input value o f 5%. For laminar flow, it  is measured at 2.4%
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1.235xl0‘2m2/s measured for 2mm/s.
For laminar flow the picture is similiar - 1.333xl0"2m2/s for a
velocity of 0.8mm/s, but now 4mm/s being more accurate at 
1.263xl0'2m2/s than 1.27xl0'2m2/s for 2mm/s.
A couple of conclusions may be arrived at. Most importantly, since 
sequence parameters are chosen with a particular flow rate or 
perfusion fraction in mind, when this changes it can severely 
affect measurements particularly if the flow rate is decreased 
(2mm/s to 0.8mm/s). Another important point to note is that it 
would appear that for a substantial increase in the flow rate, 
there is barely any change in the measured perfusion fraction. This 
has some serious implications for functional studies that measure 
f , if the flow that accompanies stimulation increases its rate 
rather than occupying resting capillaries i.e., the flow rate 
increases rather than f changing.
Phase Display
The measured phase is given by
<D = tan'^f.sinO /((l-f)+f.cosd>)) (5.32)m v v
If the fraction of perfusing spins f is changed this will merely 
result in a different measured phase which will accurately reflect 
the change occurring. However, if the velocity is changed this will
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affect the measured phase since the gradient strength was chosen
such that maximum <b was obtained and hence largest measurableV
value of <b . This will mean that at less accurate measured phaseTm
will be obtained.
Rephasing Techniques
Since most rephasing techniques do not give quantitative 
information they would probably not be used for these types of 
studies. However for the rephasing technique proposed in Chapter
Six, if the velocity was changed this would affect the attenuation
factor F. For an increase in v, F would decrease and the technique 
would prove more accurate. For a decrease in v, F would increase
and result in less accuracy.
Changing the perfusion fraction would result in an accurate change 
in the measured fraction.
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5.5 C O N C LU S IO N S
The matrix attached is a brief summary of the effects that
different factors have on the various diffusion and perfusion
imaging techniques.
General conclusions are that before under-taking an experiment,
the investigator must be sure about the structure of the tissue
(isotropic/isotropic) and the flow regime (coherent/incoherent) 
otherwise an inappropriate measuring technique may be chosen which
may or may not give results which reflect the true situation.
Having said this even if a perfusion imaging technique is
appropriate to the tissue under investigation there exist many
factors which can undermine the accuracy of the results including
noise, motion artifacts and eddy currents.
Taking all of these factors into account it is in fact remarkable
that there have been any consistent perfusion maesurements.
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CHAPTER VI 
A NEW METHOD OF PERFUSION MEASUREMENT
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6.1 IN T R O D U C T IO N
In a summary of the available perfusion imaging sequences Le Bihan 
categorized them into three different groups : (i). Intravoxel
Incoherent Motion Imaging - which relies on amplitude attenuation 
due to incoherent intravoxel motions, (ii). Refocusing Imaging
Techniques which separate out the capillary blood flow that is 
coherent by either flow compensation gradients or even echo
rephasing and (iii). Intravoxel Coherent Motion Imaging which looks 
at macroscopic coherence and detects phase information.
The methods in the second category - Refocusing Techniques - at 
present do not give a measurable quantity that could be called 
‘perfusion’ since the calculated images contain other information
besides microcirculatory flow ( T , T2 etc.). A new technique is 
described which falls into the refocusing technique category (for 
coherent flow) and which does give quantitative information. This 
information is the form of a perfusion fraction analogous to that 
used by Le Bihan.
6.1.1 Description of Model
Consider a simple model of a voxel of tissue which consists mainly 
of diffusing only intra- and extra-cellular fluid, and a small 
fraction of diffusing and flowing fluid. It is this small fraction 
of flow that is of interest and represents the capillary blood 
flow. Only coherent flow is included in this model which is 
reasonable for short echo times, and relatively long capillary
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segments. Figure 6.1 below illustrates the model.
Tigure 6.1 Wimple model of tissue.
There are a variety of contributory factors determining the signal 
from a voxel of tissue. These include diffusion coefficients, 
attenuation due to perfusion and relaxation times. The 
contributions of each of these factors depends upon the ratio of 
the amount of flowing spins to stationnary spins. Two assumptions 
are also made : the relaxation times and diffusion coeffiecients of
the stationnary tissue and moving fluid the same. This is a 
standard assumption (c.f. Le Bihan) and is not unreasonable. The 
signal from a voxel in the tissue can then be described 
mathematically by
S = [(1-f) + f.A(C)]A(D).A(T).A(T2) (6.1)
where attenuations due to coherent perfusion, diffusion, T and T2 
are represented by A(C), A(D), A(T ) and A(T2) respectively and f 
is the small fraction of perfusing spins. It should be emphasized 
that an appropriate area of tissue needs to be selected such that
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the assumptions hold (i.e., small f) and the tissue is uniform 
throughout the field of view selected.
It was seen in 4.2.4.3 that the attenuation due to coherent
perfusion is given by either sinc(cvQ/7t) or Si(2cvo)/(2cvQ) for 
plug and laminar flow respectively. For a first sequence if the c 
factor (which is representative of the gradient strength and
duration) is very large then the attenuation due to coherent 
perfusion, A(C)  ^ 0 and therefore
In a second sequence, since the flow is coherent it can be 
rephased on even echoes, then A(C) = 1 for even echoes hence
If the b factors (which determine attenuation due to diffusion and
are also representative of gradient strength and duration) are the
same for both sequences, and the second echo of sequence 2 is
concurrent with the echo from sequence 1 then dividing the two
signals will give
Therefore from the combination of just two sequences : a single and 
double echo, it is possible to obtain a quantitative measurement of 
the perfusion fraction.
In order to satisfy the condition of A(C)~0 for the first
S = (l-f)A(D).A(T).A(T) (6.2)
S2= A(D).A(T).A(T) (6.3)
(6.4)
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sequence, very large gradients are required. This poses problems : 
a requirement for very high gradient strengths and a resulting low 
signal due to diffusion attenuation.
6.1.2 Example Calculation
For the plug flow model i.e., A(C)=sin(cv0/(cv0), a reasonable
approximation to zero would be an attenualtion to 10% of the 
original signal size. Figure 6.2 below shows timing diagrams for 
sequences 1 and 2.
90° 180°
c v  w  V J  m i  \ _
Tiqure 6.2 Timing, diagram far the single and double echo sequences.
For a velocity of 2mm/s, attenuation to 10% would correspond to a 
necessary c factor of 5000s/m. The gradient factor is given by
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c = y.g.S.A (6.5)
where 5 is the duration of the gradient pulses and A the time 
between the start of the two pulses. For Cj = 5000s/m, 81 = 20ms 
and Aj = 40ms, the gradient strength gj needs to be 23.4mT/m.
The b factor is given by
b = y V - 8 2(A-S/3) (6.6)
and the corresponding b factor for c=5000s/m and the appropriate 
timings is 5.21xl08s/m2.
The b factor from this sequence has to be matched with that for
sequence two to give identical attenuation due to diffusion. For
§2= 15ms and A2= 20ms, g2 must be 32.8mT/m. A number of computer
programs were written to allow easy computation of the b and c 
factors. An example is included in Appendix 7.
The values for gjand g2 of 23.4 and 32.8mT/m respectively are
large and would be beyond the range of most standard whole body
gradients. However the insert gradient constructed for this 
programme of work is capable of delivering up to 64mT/m so this 
should not be a problem. However, the b factor of 5.21xl08s/m2
produces an attenuation of 73% for a diffusion coefficient of
2.5xl0'9m2/s (diffusion coefficient of water). This low level of 
signal needs to be compensated for by taking a lot of averages, 
which is not a great problem for the phantom experiments but is
more problematic for in-vivo experiments.
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6.2 PH ANTOM  EXPERIM ENTS
The main aim of this section is to analyse the new technique in 
the controlled enviroment of a phantom before using it the human
body where conditions are less well defined.
The standard method of diffusion/perfusion imaging, IVIM was also 
carried out in order to validate the general set-up, and to provide 
data for comparison with the novel technique.
6.2.1 Procedure
A number of different experiments were undertaken using the
equipment described in Chapter 3 and with the IVIM experiments 
being carried out concurrently with the novel technique 
experiments.
The importance of a high signal-to-noise (SNR) was detailed in
5.2.2. The SNR is already compromised to a certain extent by 
carrying out the experiments on a 0.5T magnet. There is the
additional serious problem of using the insert gradient which has a
high inductance and therefore very slow ramp times leading to long
echo times. This is further exacibated by the ‘50Hz effect’ (3.4.1)
which limits the echo time to multiples of 40ms. Everything
possible had to be done to achieve the best SNR given the above
limitations. This basically came down to using long repitition
rates (to minimize T relaxation effects), using several averages
and only acquiring low resolution images (64x64 pixels).
Initially the phantom work was carried out using distilled water
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because it was desirable to have the attenuation due to T2 
relaxation considerably different from that due to diffusion.
After conducting several experiments it was decided to change to
water doped with CuSO since this reduced the value of T and
4 1
hence allowed faster repetition rates to be used. (The time taken
to acquire a data set for the novel technique was as much as 9
hours using distilled water).
The r.f. coil used (3.1.3) had an intrinsically high Q factor
which would have lead to excessively high voltages in the coil and
breakdown of capacitors. In order to reduce the Q factor a loading
phantom was used which was simply a large saline filled bottle.
In the initial experiments the IVIM experiment and novel
experiment were run concurrently to facilitate comparison (within
the obvious constraints that IVIM detects incoherent flow and the 
novel technique only coherent flow).
Maths of the IVIM Imaging Technique
The following summarises the steps to go through in order to 
obtain the diffusion coefficient and the perfusion fraction using 
the IVIM imaging technique41.
A number of sequences are used. The first one has no additional
gradients except for the imaging gradients which are chosen to be 
of a scale where they do not cause significant attenuation due to 
diffusion. Additional gradients of different strengths are applied 
in subsequent sequences.
The signal at the centre of the echo obtained from any of the 
sequences can be described by
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S(TE)=S(0).exp(-TE/2).exp(-bD)[(l-f) + f.F] (6.7)
where F is the attenuation due to microcirculation given by 
exp(-bD*) where D* is the pseudo-diffusion coefficient. For the
first sequence with no additional gradients exp(-b0D)=l and F~1 
i.e.,
S(TE)o~S(0).exp(-TE/T2) (6.8)
For the other sequences the additional gradients are large enough 
to make F=0. i.e.,
S(TE)=S(0).exp(-TE/T2).exp(-bD)(l - f) (6.9)
From equation (2.12) it is possible to deduce an apparent diffusion 
coefficient
ADC = log(S0/S)/(b-b0) (6.10)
Combining equations (6.8) and (6.9) as in (6.10) gives
ADC = D + log[l/(l-f)]/(b-b0) (6.11)
or since f « 1
ADC * D + f/(b-b0) (6.12)
From equation (6.10) and (6.12)
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log(S0/S)/(b-bo) = D + f/(b~b0) (6.13)
or rearranging gives
log(S0/S) = (b-bo)D + f (6.14)
i.e., plot log(S0/S) against b-b0 and the diffusion coefficient 
will be the gradient of the slope and the perfusion fraction f
will be the intercept.
6.2.2 Results - IVIM Technique
Experiment 1 - IVIM Imaging (I)
Gradient factors of between 0 and 3.53xl0‘9m2/s were used to
determine the diffusion coefficients of water and acetone, and the
perfusion fraction of the flow phantom.
A flow rate of 6mls/min was established in the phantom using the
pump. Imaging parameters for the experiment were : te = 160ms, TR 
= 3s, 5 = 40ms and A = 68ms (see Figure 6.2 for timing diagram). 
Four averages were taken for each image.
Figure 6.3 overleaf shows the image obtained for a gradient factor 
of zero.
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Tigure 6.3 Image of water, acetone, perfusion and loading phantom.
From the top going clockwise the phantoms are perfusion, loading, 
acetone and water.
There was a large loading phantom (filled with a salt solution) in
order to adequately load the coil which had an intrinsically high Q 
factor.
The diffusion coefficient of the static and flowing water should
be the same.
Figure 6.4 overleaf is a plot of ln(So/S) versus b factor where S
is the signal intensity obtained from a ROI average (using software 
on the IP2000) and S0 is that intensity obtained for a b factor of
zero.
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Tiqure 6.4 Experiment I :Plat of ln(WjW) versus b. to obtain 
diffusion coefficient and perfusion fiactian.
This experiment gave diffusion coefficients of 6.7x1 O'9, 4.68xl0‘9
and 4.23x1 O’9 m2/s for acetone, static water and flowing water 
respectively and a perfusion fraction of the flow phantom was
measured at about 25%.
The figures for the diffusion coefficients are much too large. 
Acetone and water diffusion coefficients are given as 
4.5-4.8xl0‘9m2/s and 2.25-2.5 lxl0'9m2/s respectively in the
literature. From equation (2.12) this implies that either the
gradient factor was larger than that calculated or S was too small 
i.e., there was too much attenuation of the signal when the
diffusion gradient was applied. The gradient was re-calibrated at a 
appropriate value and the gradient factor calculation checked but
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there was no obvious problem. In section 5.3.3 it was illustrated
how unbalanced diffusion gradients can cause substantial signal 
attenuation with resulting over-estimation of the diffusion 
coefficient and perfusion fraction. This was the most likely source
of error.
As a result of this the sequence was modified so that the
gradient balancing could be finely tuned by varying the lengths of
the gradients by as little as a microsecond.
Experiment 2 - IVIM Imaging (II)
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Tiqure
diffusion coefficient and perfusion fraction.
Water
Perfusion
With the adjustments made to the sequence (and leaving out the
glass water and acetone phantoms in case of any susceptibility
effects) the experiment was repeated. The parameters were the same
as before. Figure 6.5 illustrates the results.
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b1-b0 (x10A8s/mA2)
6.5 Experiment II '.Plot af ln(I /T) versus b to obtainO
2 1 2
Measured diffusion coefficients for the water of the loading
phantom and flow phantom were now 2.2 and 2.35xl0‘9xl0'9m2/s
repectively. These diffusion coefficients are in good agreement
with the literature values.
It was not however possible to detect a perfusion fraction.
Experiment 3 - IVIM Imaging (III)
The experiment was repeated with phantom Mark II and doped water.
This time 8 averages were taken and the range of b factors went up
8 2to 6x10 m /s. The imaging parameters were : te = 80ms, TR = Is, 8 =
20ms and A = 42ms. Repeat readings were taken at several points -
the results are shown on Figure 6.6 below.
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diffusion coefficient and perfusion fraction.
213
The diffusion coefficients for the loading and flow phantom are
2.49 and 2.31xl0'9m2/s respectively, with a perfusion fraction of 
about 20%.
6.2.3 Results - Novel Technique
6.2.3.1 Investigation 1 - Changing the Flow Rate
The new technique is based on the phenomenon of even echo
rephasing which means that on even echoes of a spin echo sequence 
the flowing spins are rephased. Thus the attenuation factor A(C)
due to perfusion (see 6.1.1) is equal to one. However, this is
only the case if the perfusion is coherent (flow does not change
direction) during the measurement time. If the flow is incoherent 
there will be no rephasing of this flow and hence the attenuation 
factor F will no longer be equal to one.
This transition from coherent to incoherent flow and it’s effect
on the technique can be investigated using the phantom by varying 
the likelihood of the flow changing direction. This could be 
achieved by either changing the measurement (echo) time or varying
the flow rate. Lengthening the echo time would compromise the 
signal-to-noise ratio which would not be acceptable for this 
perfusion imaging experiment, so the flow rate was varied.
Figure 6.7 overleaf gives an indication of what would be expected 
for a variation in the flow rate.
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Tiqure 6.7 Theoretical curve of (l-£) far transition piam coherent
to incoherent faow.
When there is no flow the normalized images from the single and
double echoes would be the same. Then there would be a time whilst
the flow was generally coherent because of the low flow rate when 
the perfusion fraction would tend to a maximum measureable value.
The reason why it tends to this value is because for the single 
echo, the attenuation factor A(C) (which must be approximately 
zero for the single echo sequence) approaches zero as the velocity
increases.
At the turning point of the curve the velocity of the flow causes 
maximum attenuation in the single echo image and at the same time
the flow reaches the transition between the two flow regimes. The 
graph should then tend towards one. This is because a more
full description of the signal than that given in equation (6.1)
is
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s = [(1 -f. ) + f. A(IC) + (1-f .) + f A(C)]
incoh incoh coh coh
(6.15)
where A(IC) (attenuation due to incoherent perfusion) is given by
Jjc 9
exp(-b.D ). Since the b factors are the same for both sequences, 
(i.e., A(IC) is the same ) and f 0, the signal from both
coh
sequences will be identical, and their ratio one.
Experiment 1 - Effect of Changing the Flow Rate (I)
Flow rates of between 0 and lOmls/min were used. At each point
images were acquired using the single and double echo sequence with 
echo times of 80 and 40ms respectively so that the effect of T2 
attenuation would be the same for both sequences. The c factor was 
5000s/m for the single echo sequence which is equivalent to a b
factor of 4.9xl08m2/s (the b factor was the same for both sequences 
to ensure attenuation due to diffusion was the same). The large 
value of the gradient factor leads to considerable signal 
attenuation and therefore 8 averages were taken to improve the 
signal-to-noise ratio.
Figure 6.6 overleaf is a plot of 1-f against flow rate obtained
by dividing the single echo image by the nomalized even echo
image.
N.B. The term normalised here means that the level of signal from 
the single and double echo sequence should be the same for the 
case of no flow. This was achieved by comparing the image
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intensity o f the loading phantom for both sequences.
Flow Rate (mls/min)
Tiqure 6.8 Experiment I :(l-£) usen&us the flow note.
The origin does not go through 1 and the graph tails off at high 
flow rates pointing possibly to badly balanced gradients and
innaccurate measurements at higher flow rates.
Experiment 2 - Effect of Changing the Flow Rate (II)
The experiment was repeated with the same imaging parameters. This 
time the results gave the curve illustrated in Figure 6.9 overleaf.
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Flow  Rate (m ls/m in )
Tiqure 6.9 Eozperiment II :(l-£) versus the plow rate.
Again the origin of the graph does not go through 1, but the 
curve is a similar shape and it does tend towards 1 at high flow 
rates.
It was realized that not enough time had been left between 
different flow rates in order to establish a steady rate of flow. 
In experiment 1 the results had been obtained in descending values 
of flow rate, in experiment 2 in ascending values. Therefore one 
would expect a dip at a lower flow rate in experiment 1 since the 
real flow rate was probably higher than was realized. A delay of 
30 minutes between each flow rate change was decided upon to 
establish a steady rate of flow.
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Experiment 3 - E ffe c t o f Changing the Flow Rate ( I I I )
At this time it became clear in the IVIM experiments that the 
balancing of the diffusion gradients was critical in the set-up. 
This addition was made to both the single and double echo 
sequences.
The experiment was repeated again with the same parameters as 
before and the results obtained are shown in Figure 6.10.
Flow Rate (mls/min)
Tiqure 6.10 Eoqaerument ITT Jl-£) Asensus the flow note.
This time the origin is very nearly at 1. The dip is at 6mls/min 
and the graph could well be tending to 1 at high flow rates. 
A perfusion fraction of 4.6% can be deduced from this data.
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Experiment 4 - E ffe c t o f Changing the Flow  Rate (IV )
This final experiment used doped water and hence a faster
repetition rate. This enabled more points on the graph to be
obtained in one day. The experient also used phantom Mark IE which
inadvertently contained slightly less Sephadex. Figure 6.11 shows
the results.
Flow  Rate (m ls/m in )
Tiqure 6.11 Experiment IV :(l-£) versus the flow rate.
Repeat readings were taken at the zero flow rate. They were all 
accurate to within 1.5%. A measurement was also repeated at 
6mls/min - it varied by 3% It should be expected that the errors 
would increase for higher flow rates because the level of signal 
gets smaller. The reason for this can be speculated as being due to 
the fact that as the flow rate increases the flow becomes more 
incoherent and mimics diffusion - this ‘pseudo-diffusion’
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coefficient becomes greater as the flow rate increases and hence 
there is more attenuation of the signal.
The perfusion fraction deduced from this graph is between 12 and
15%. The reason why it is so much higher than for experiment 3 is
probably due to the fact that there was a smaller amount of 
Sephadex and hence a larger amount of perfusing water.
6.2.3.2 Investigation 2 - Changing the Gradient Factors
As mentioned in 6.2.3.1, the changing velocity causes a change in 
the attenuation factor A(C) of the single echo sequence. Changing
the c factor with all other factors held the same will also cause 
a change in F. As the c factor increases F gets smaller and the 
measured perfusion fraction should tend to a maximum as
illustrated in theoretical curves in Figures 6.12 and 6.13.
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Tlgure 6.13 Ttqnal census increasing c factor.
Figure 6.12 shows the attenuation factor F for increasing c factor
(for two different flow models). Figure 6.13 shows the resultant
signal intensity from (l-f)+fF which tends to a value of 1-f from
above i.e., the perfusion fraction tends towards f from below.
The experiment was carried out on the flow phantom with c factors 
ranging from 0 to 3795s/m with a constant flow rate.
Figure 6.14 below shows the results.
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This appears to agree very well with the theory with increasing f 
at higher c factors. The ‘blip’ in the curve may be due to a sine 
‘wiggle’ from Figure 6.12, or may just be indicative of the margin
of error. Repeat readings were taken at two different points, and 
measurements were to within one percent of each other. If the
repeat readings had been taken at the highest c factors the margins 
of error would have been greater since the standard deviation of 
the regions of interest was larger for these scans due to lower 
signal intensity with larger gradient factors.
A collection of theoretical curves may be obtained for different
velocities, and by finding the closest of the these to the phantom 
results, an average velocity may be determined for the phantom
flow.
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6.3 IN -V IV O  FLOW  EXPERIM ENTS
In this section an in-vivo application of the new technique is 
described. The work is broken down into sections on choice of 
tissue, choice of dimensionality of the experiment, setting up of
the single and double echo sequences and results. Also included at
the end are several experiments using the IVIM technique which tie 
in with the theoretical work of 5.2.1.
6.3.1 Choice of In-Vivo Flow System
It is necessary to use the new technique in an enviroment where 
there is coherent flow since it is a rephasing technique. Also, in 
order to thoroughly investigate the technique it is useful to
choose a flow system that can exhibit a change in the flow rate.
It was decided to measure flow in the calf muscle since
capillaries in the muscle are arranged essentially parallel and
therefore the flow would be coherent. (The flow would also be
anisotropic but the technique should still work (see 5.2.1)). The
flow in the calf muscle is easily reduced by applying a pressure 
cuff (see 3.3) and this reduction can be monitored.
224
6.3.2 In itia l Choice o f D im ensiona lity
Section 6.2.1 re-iterated the importance of having the very best 
signal-to-noise ratio possible and the requirement of having a
large number of averages. In the phantom experiments eight
averages were taken (which took over eight minutes to acquire). It 
would be very likely that a leg (which will load the coil more 
hence reducing the Q factor) will have a greater intrinsic noise 
associated with it. Therefore an experiment which uses the calf
muscle will require many more than eight averages. Also, the echo 
time was 160ms due to timing restrictions (see 3.4) which is long 
and therefore results in a reduced signal-to-noise ratio, again
requiring more averages.
The restriction of flow to the calf muscle by applying a pressure 
cuff above the knee can only be sustained for 2 or 3 minutes - 
this is much less than the time required for even eight averages.
A shorter repitition rate may help matters but there is a limit to 
this governed by the duty cycle of the gradient set. Therefore 2D 
imaging of flow changes in the calf muscle was not a feasible
option at the magnetic field strength available.
The alternative is to lose a spatial dimension and look at a
profile of the leg. This can either be done by selecting a column
using two orthogonal slice select gradients (which provides more 
localized information) or by merely selecting a slice, and reading 
along the length of it (providing a profile of the whole slice of 
the leg). For both these techniques an initial image would be 
needed in order to determine the position of bone and major blood
vessels which need to be avoided. A low resolution image of the
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calf muscle typical of the type obtained before a flow experiment 
is shown in Figure 6.15. It illustrates the presence of vessels and 
bone, and the areas free from structure.
Tigure 6.15 Wow resolution transverse, image of caff muscle.
For an average size leg it is be possible to select an area free 
from bone and vessels.
A low resolution image was taken before each scan so that the 
input parameters would be the same as for the flow sequences so 
that setting up time could be kept to a minimum.
(The requirement for low resolution images hence improved SNR was 
even more critical for the in-vivo work).
6.3.3 Setting up the Single Echo Sequence
Problems of Pulse Timings and Gradient Balancing.
Initially it was decided to use a sequence that selected a column 
of tissue using orthogonal slice select gradients. The sequence was 
identical to that used by Feinberg et al, except for the addition 
of flow gradients in the z direction. See Figure 6.16 overleaf.
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Tigune 6.16 Sequence fan. column selection.
There were a couple of practical difficulties in the setting up of
o o
this pulse sequence. Firstly, because both the 90 and 180 pulses
were selective it was difficult finding a systematic method of 
setting the pulse lengths and gradient durations such that all 
pulse timings were optimized, and all gradients properly balanced. 
This problem was solved to a certain extent by writing a pulse
o
sequence which consisted solely of a selective 90 pulse. The pulse 
length and gradient compensation could then be set up in isolation, 
and the values then inserted into the full spin echo sequence.
Another problem was due to the profile of the insert gradient
waveform. Pre-emphasis of the gradients was optimized for the whole 
body gradients and so was not appropriate to the insert gradient.
The profile had an overshoot on the rising edge of the waveform.
This was overcome by putting a delay of 2ms after the rise of the
gradientso that the r.f. pulse was on during a reasonably flat part
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The combined effect of these two problems was a tedious set-up 
procedure in which the signal became more unstable when flow 
encoding gradients were added - the instability increasing for
increasing gradient strengths.
During the initial experimental work there were great problems in
setting up the sequence which were thought to be due to badly 
balanced gradients. It transpired that the problem was actually
due to breakdown of the r.f. coil at larger pulse angles. (This
was a saddle coil chosen for it’s good SNR, but which was then
replaced by the birdcage coil described in 3.1.3 and used for the
phantom experiments).
Problems of Motion
In a paper by Chenevert et al72 the problem of macroscopic motion
in imaging was discussed. They showed that for 2DFT imaging
unwanted motion would be a problem if averaging was carried out
before the Fourier Transform of the ID sequence. Software was
therefore written so that data from different acquisitions was
stored sequentially in different ‘frames’, then Fourier transformed
then averaged. (It was in fact necessary to obtain two averages for
each frame in order to correct for a DC offset that existed).
Truncation Artifacts
The profile of a column through a phantom using the single echo
sequence is shown in Figure 6.17 overleaf. The particular
permutation of the slice selection gradients for this sequence was
90 and 180 .
z y
o f the waveform.
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Tiqure 6.17 Profile of a uniform phantom.
The phantom was a 20cm diameter, 4cm length cylinder filled with a
CuS04 solution. This profile is obviously not an accurate
representation of the column that was selected. A clue to the
origin of the ripples is the frequency of the oscillation. The
period of the oscillation in the frequency domain is about 300Hz.
The reciprocal of this is about 3ms which is half the total length
of the frequency encoding gradient.lt was therefore deduced that
the ripples were due to truncation of the echo signal because the
Fourier transform of a rectangle (the truncated echo) is a sine
shape. A program employing a cosine squared filter was written in
order to smooth out the edges of the echo. The profile resulting
from filtering is shown in Figure 6.18 overleaf.
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T ig u r e  6.18 P r o file  o f  phan tom  w ith  f i l te r in g  in c o rp o ra te d .
This is obviously much better. The root cause of this problem was 
background noise on the acquired echo which came from a variety of 
different sources (poor connections on gradient filters, 
interference from the gradient amplifiers on the received signal
and problem of mains synchronization). These were dealt with as
they became apparent and when they could be located.
6.3.4 Setting up the Double Echo Sequence
The double echo sequence is shown in Figure 6.19 overleaf.
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T iq u n e  6.19 DauM e echo, sequence .
Referring back to 3.4 it was seen that the only reasonable way of
fitting in all the gradient profiles (bearing in mind a ramp time
of 4ms for the z-gradient) was to ramp the flow encoding gradients
down to slice selection.
It would be expected that with the same gradient factors the 
level of signal from the double echo sequence would be the same as
for the single echo sequence. (This had been true for the 2D
sequences used in the phantom work). However, this turned out not
to be the case. The level of signal from the double echo sequence 
was much lower hence leading to a much poorer SNR. The lone
o
selective 90 pulse set-up program was run to obtain appropriate 
values for the first part of the double echo sequence and values
o
for the 180 pulse lengths wens taken from the set-up of the single 
echo sequence, but values for the balancing of the flow encoding 
gradients came from trial and error. There was no systematic
method of balancing the gradients. The two pairs could not be set 
up in isolation from one another because of the profile of the
flow encoding gradient being used in slice selection.
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It was decided to give up a degree of localization and instead 
obtain a simple profile of the leg using just one gradient axis. 
If  the read gradient was in the correct direction enough of the
leg which contained muscle tissue only could be seen. This eased 
problems in setting up of the double echo sequence and also made
for a simpler set up of the single echo sequence.
6.3.5 Results
Using the simple profile acquisition of the single and double 
echo sequences results for the new technique were then obtained.
In order to properly calibrate the perfusion fraction, a small
bottle of doped water was placed alongside the leg in a manner 
analogous to that in 6.2.3.
6.3.5.1 Investigation 1 - Changing the Gradient Factor
As in 6.2.3.2 the effect of changing the c factor is investigated.
Six profiles were obtained - a single and double echo sequence for
each of three different c factors - 0, 2000s/m and 5000s/m. These
profiles are shown in Figure 6.20 overleaf. The object on the left 
side of the graph is the normalization phantom required for this 
technique.
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A  plot of the perfusion fractions with an expanded horizontal 
scale for the relevant points is shown in Figure 6.21 below.
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Tiqure 6.21 Investigation l(i) : Perfusion fraction of the calf
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These plots are in agreement with that be predicted by theory and 
was seen in the phantom experiments with increasing perfusion 
fractions for increasing c factors.
The experiment was repeated and similar results were obtained. 
The perfusion fractions for the relevant points are shown in 
Figure 6.20 below.
Perfusion Fraction
C =  0 
C=2000 
C =  5000
T iq u r e  6.22 InA sestiqq tian  I ( i i )  : P e r fu s io n  fr a c t io n  o f  th e  c o if
m u sc le  fa n  v a r y in g  c  fa c to r s .
Again the fractions showed a gradual increase for increasing c 
factors but a smaller increase than in the previous experiment.
N.B. It should be noted that when the sequence was run with the 
largest gradient factor the signal was unstable due to the decrease 
in the SNR and therefore much more difficult to critically balance 
the additional gradients.
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6.3.5.2 Investigation 2 - Changing the Flow Rate
The changing flow rate experiment was then undertaken. For this
experiment the largest gradient factor was used in order to obtain
the most accurate perfusion fraction. The experiment was carried 
out for flow before, during and after flow restriction. The first
experiment yielded results shown in Figure 6.23 below.
0.25 t
0.2
0.15
Perfusion Fraction
0.1 
0.05 
0
24 25 26 27
Pixel Number
T ig u re  6.23 In v e s tig a tio n  I ! ( i )  : P e r fu s io n  fr a c t io n  o f  th e  c a lf
m uscle  fo r  v a r y in g  flo w  nates.
These are quite promising results with some decrease in f during
restiction (pixels 25 and 26) and then an increase in the fraction
again, but to levels less than pre-restriction.
The change in the measured perfusion fraction is small however and 
it may be that they all fall within a margin of error.
The experiment was repeated but produced different results
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as shown in Figure 6.24.
Before
During
After
0.05
-0.15
-0.2
Pixel Number
T lg u re  6.24 In v e s t ig a t io n  11(H) : P e r fu s io n  f r a c t io n  o f  th e  c a lf
m u sc le  fo r  Amrying. flo w  ra te s .
Perfusion Fraction -0.05
This time, before restriction the measured perfusion fraction is
negative which could presumably just be the margin of error of the
measurement. During restriction the perfusion fraction increases
slightly for a couple of pixels, decreases for the others, and
after the restriction is removed, the fraction goes much higher.
It was very clear from the set-up of these experiments that
because it was necessary to use the highest c factor (c=5000s/m)
there were problems of stability as mentioned in Investigation 1
and this undoubtedly had very serious consequences in the
resulting accuracy of the measurements.
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6.3.6 IVIM  T echnique
The IV IM  technique is supposed to be applicable to incoherent 
motions i.e., that flow which changes direction during measurement 
time. However, it was shown in 5.2.2 that it was possible to obtain 
apparently sensible results with the technique in the regime of 
coherent flow. In this section the IV IM  technique is used in the 
calf muscle to investigate what happens in practice.
The technique requires only a single echo. A  column was selected
using two orthogonal gradients and the perfusion fraction 
calculated before, during and after restriction. The experiment 
used gradient factors of 0, 7.7xl0? and 17.3xl07 s/m2 The
perfusion fractions are plotted in Figure 6.25 below.
before
during
after
Pixel Number
T lg w ie  6.25 I VI M te c h n iq u e  (I ) : P e r fu s io n  fr a c t io n  o f  th e  c a lf
m u sc le  w ith  va rying , f la w  ra te s .
Remarkably these perfusion fractions show a consistency with what
would be expected from the experiment : a lowering of the
perfusion fraction during restriction of the flow, then an
Perfusion Fraction
237
increases again after the pressure is released. Averaged over the 
relevant data points (i.e., those not containing bone or large
vessels) the values were 49%, 1% and 20% for before during and 
after restriction respectively. The experiment was repeated but 
the results this time were quite different as can be seen in 
Figure 6.26.
0.02
0.01
0
-0.01
Perfusion Fraction
-0.02
-0.03
-0.04
-0.05
Pixel Number
before
during
after
T ig u n e  6.25 IVIM. techn ique. ( I I )  : P en fu sio n  fra c t io n  o f  th e  c a l f
m uscle w ith  w inging flaw  nates.
This time, averaged results were 1.6%, 0.7% and 0.8% for before,
during and after which makes no sense at all.
No firm conclusions can be drawn from this since the two sets of
results differ so wildly. It does however show how it could be 
possible for other investigators to get apparently sensible
results when applied to an appropriate tissue model.
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6.4 CONCLUSIONS
In this chapter the basic principles of a new method of obtaining 
quantitative perfusion measurements has been demonstrated. The
major problems of the hardware in the successful implementation
have been identified as being an inherently low SN R at 0.5T and a 
long ramp time of the insert gradient leading to long echo times 
and hence further degradation of the SNR.
The technique proved successful in the phantom work with 
reproducible results and clear agreement with the proposed theory. 
This technique could be used in phantom work where quantitative 
measurements of small fractions of flow are required e.g. in the 
study of oil and water in rocks for the oil industry.
Unfortunately the poor SN R severely affected the in-vivo work and 
it was not thought constructive to pursue the work with the
hardware that was available.
In order to take this technique further actively shielded (and 
low inductance) gradients and a high field (2T) magnet would be
required. These hardware requirements are not beyond the limits of
many clinical systems available now.
In a clinical environment with the appropriate hardware (high 
strength, low inductance gradients and high field magnet) the
technique could be used to investigate any coherent microscopic 
flow in the body. For example one could do a time course study of 
a muscle strain injury, where there would be elevated capillary
flow due to tissue damage. Quantitative measurements could be made 
to assess the degree of injury.
239
APPENDIX 1
The Bloch equation may be given as
dM/dt = yMxBeff- (MJ.  + M i ) / ! /  (M^-M/k/T
where B = (Bo-co/y)k + B  i.
During pulse
Bj» (Bo-co/y)
.\ B = B i
- eff 1-
Also relaxation effects are negligible so ignore T ,T terms.
dM/dt = yM x Bji = y i i k
M  M  M_
x y Z
B O O1
= y {  jM B j - k M B  }
dM/dt = 0 => M  (t) = constant, M /0 )
=> constant = M /0 )
/. M  (t) = M  (0)
constant
dM  /dt = yM  By * z 1
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To solve these, doubly differentiate:
d2M  /dt2 = ydM /dt x B, = - f u  B,2 = -cd2M
y z 1 y 1 y
=> d2M  /dt2 + co2M  = 0 
y y
d2M  /dt2 = -ydM /dt x B , = V m  B  2 = -to2M
z y l z l 3
=> d2M  /dt2 + co2M  = 0
z z
Solution to (A l.l)
M y(t) = Acos(cot) + Bsin(cot)
Solution to (A1.2)
M  (t) = Ccos(cot) + Dsin(cot)
z
To find constants
dMy/dt = coBcos(cot) - coAsin(cot) = coMz
= coCcos(cot)
=> B = C and A  = -D
M y(t) = Acos(cot) + Bsin(cot)
M  (t) = Bcos(cot) - Asin(cot)
z
Also, M  (0) = A.1 + 0 => A  = M  (0)
and M  (0) = B .l - 0 => B = MJO)
z Z
M y(t) = M y(0)cos(cot) + M z(0)sin(cot)
dM /dt = -yM B
z  '  y 1
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(A l.l)
(A1.2)
+ coDsin(cot)
(A1.3)
M  (t) = M  (0) (A1.5)
X X
M (t) = Mz(0)cos(cot) - M (O)sin(cot) (A1.4)
In order to put this into a matrix write out
M  (t) ]X
M  (t) —
y
. M  (t) 4
11 12 13
P P P21 22 23
P P P31 32 33
f M ( 0 ) lX
M (0) 
M (0)
M x(t) = Pn .Mx(0) + P12.My(0) + P13.Mz(0)
p = 1 p = 0 and P = 011 * 12 13
M  (t) = P .M (0) + P„.M (0) + P_.M (0)y 7 21 x 22 yx ' 23 zv
p2i= 0, P22= cos(cot) and p23= sin(cot)
M  (t) = P01.M (0) + P .M (0) + P„.M  (0)z '  31 x 32 y 7 33 z
P3i= 0, P32= sin(cot) and P33= cos(cot)
p(tp) =
1 0 0
0 cos(cot) sin(cot) 
0 -sin(cot) cos(cot)
APPENDIX 2
Between pulses there is no B . so B = (B -co/y)k
1 - err o -
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c.f (A 1.5)
c.f (A1.3)
c.f (A 1.4)
dM/dt = y i j k - (M J + M /)/T 2 - (M^- M /k/Tj
M  M  ML
x y Z
0 0 (B -co/y)o
dM  /dt = M  (B -co/y) - M  /T
X y o X 2
dM /dt = -M  (B -co/y) - M  /T
y x o ' y 2
dM  /dt = -(M  -M  )/T
z z o 1
Solving (A2.3) first
dM
(M  - M  )
1/Tjdt
ln(M -M  ) ln(-M -M  ) t/T,
In (M  -M  )/-2M
z o o
= -t/T.
M  = M  (l-2e‘m )
z o
Solve equations (A2.1) and (A2.2) simultaneously
dM /dt = yM  (B -co/y) - M  /T,
y o x 2
dM /dt = -yM (B -co/y) - M  /T
y x o y 2
Substitute to simplify: M^= X, M^= Y, a  = -y(BQ-co/y) and [
and rearranging
dX/dt + a Y  + PX = 0
(A2.1)
(A2.2)
(A2.3)
(A2.4)
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dY/dt - aX  + pY = 0
First write operator d/dt as D  to give
(D + P)X + a Y  = 0 
(D + P)Y - <xX = 0
To eliminate X, multiply (A2.5) by a  and (A2.6) by (D + p)
a(D  + p)X + a2Y  = 0 
-a(D  + P)X + (D + P)2 = 0 
Adding (A2.7) to (A2.8) gives
a 2Y  + (D + P)2Y  = 0 
Rearranging (A2.9) gives
(D2 + 2DP + p2 + a 2)Y  = 0 
To solve this use the quadratic formula
D  = -p *  ia
i.e (A2.10) can be written
(D + (p-ia))(D + (p+ia))Y = 0 
First bracket, (D + (p-ia))Y = 0 => dY/dt = -(p-ia)Y
Solution is
Y  = Ae-i'pdt.e+Xi0Ul 
p and a  are both independent of t so
(A2.6)
(A2.5)
(A2.7)
(A2.8)
(A2.9)
(A2.10)
(A2.ll)
(A2.12)
(A2.13)
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Y = A e'*V iat (A2.14)
= e'^(Bcos(at) + iCsin(at))
Second bracket, (D + ((3+ia))Y = 0 => dY/dt = -((3+ia)Y
Solution is
Y  = De'fre'i(Xt
= e’^ CEcosCat) - iFsin(at))
Final solution is a combination of these solutions:
Y  =  e'^ CBcosCat) + Ecos(at) + iCsin(at) - iFsin(at)) 
= e'Pl(Gcos(at) + Hsin(at)) = M y(t)
What are G and H  ?
At t=0, M  (0) = EG  G  = M  (0)
To find H  need to find M /t). Substitute for Y  in (A2.6)
o X  = dY/dt + (BY
= -PY + e‘P‘(-aGsin(at) + aHcos(at)) + PY
/. X  = e’fl-G sin(at) + aHcos(at)) = M  (t)X
At t=0, M  (0) = l.H  H  = M  (0)
X X
M^t) = e '/ra(M i (0)cos(8cot) - M  (0)sin(8cot)) 
and M  (t) = e"l,T2(M  (0)sin(5wt) + M  (0)cos(5cot))
y x y
Putting the solution into matrices
(A2.15)
(A2.16)
(A2.17)
(A2.18)
(A2.19)
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r M x(t) ' f R Rii 12 13
M  (t) — R R„oy 21 22 23
M  (t)v z J * R 31 r m R 33
M  (0) 
y j 
M  (0)
' Mx(0) '
M  (t) = R . M (0) + R  .M  (0) + R  .M (0)
x 11 x 12 y 13 z
R n= e_I/r2cos(8cot), R )2= -e'VI*sin(8o)t) and R 13= 0-t/T2,
c.f (A2.18)
M y(t) = R21.Mx(0) + R22.My(0) + R23.Mz(0)
R2l= e'^sinCScot), R22= e’I/iZcos(Scot) and R23= 0-t/T2
c.f (A2.19)
M  (t) = R M  (0) + R  .M  (0) + R  M  (0)
z 31 x 32 y 33 z
R = 0, R  = 0 and R  = (l-2e*m)31 32 33 v
or R  = e33
-t/Tl
c.f (A2.4)
and add M  (0)(l-e',m)
R(tp) =
e'^cos/Scot)
-t/T2sin(8cot)
0
-e'^sinCScot)
e'tmcos(8cot)
0 -t/ri
A P P E N D IX  3
For gradients and flow.
B = B i  + (B -co/y)k + (G.r + G.vt + G.at2/2 +..)
-  eff 1- o -  -  -  -  -  -  -
where G.r = (G x  + G y  + G  z)k
- -  x y z -
Between pulses there is no B^
dM/dt = y i j k
M M  M„
x y Z
0 0 (B o-co/y + G.r + G.v.t + G.a.t2/2)
(A2.1) and (A2.2) this time with a  = 8co - yG.r - yG.v.t - 
yG.a.t2/2. However the assumption made that a  is independent of t 
is not valid in the case of flow so the first bracket of (A2.12) 
gives
Y  = e'Pl(Bcos(X a  dt) + iCsin(X a  dt) (A3.5) 
The second bracket gives
Y  = e'^ CEcosCX a  dt) - iFsin(X a  dt) (A3.6) 
The complete solution is a combination of (A3.5) and (A3.6)
Y  = e'^(Gcos(X cc dt) + Hsin(X a  dt) (A3.7)
The derivation continues as for Appendix 2 but with (X a  dt) 
replacing at.
So
M /t) = e'^CM/CfJcosCX a  dt) - M/0)sin(X a  dt)) 
M  (t) = e'tyT2(M/0)sin(X a  dt) + M y(0)cos(X a  dt))
and therefore
D(tp) =
e'^cosCX a  dt) 
e_t7r2sin(X a  dt) 
0
-e'^sinCX a  dt) 
e_t/r2cos(X a  dt) 
0
0
0
-tm
where X oc dt = 8co - yG.r.t - yG.v.t2/2 - yG.a.t3/6
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APPENDIX 4
The assumption that B j »  G.r is not valid when the 90 -pulse is 
on at the same time as the slice select gradient. This makes the 
calculation impossible to do unless an analytical solution is used.
Bloch equation for a variable
dM/ dt = yMxBeff
where B = ( B - co/y )k + B,(t)i + G.rk
“ eff O “ 1
During pulse : 
.\ dM/dt = y i i  k
M M  M rrx y Z
B (t) 0 ( B -co/y + G.r )1 O
= y { iM  ( B -co/y + G.r )
* -  y o
+ j( -M  ( B -^co/y + G.r ) + M^B^t) ) 
- kM  B (t) }h
y 1
dM J  dt = yMy( B -^co/y + G.r )
dM  / dt = y { -M  ( B  - to/y + G.r ) + M  B,(t) )
y X o z 1
dM  / dt = - yM B,(t)
z ' y 1
A M  = ( M  x yB J  At
” -  -  eff
Locher73 :
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A M  = yM  ( B -co/y  + G.r ) At
x y o
Also
so that
A M  = y  { -M  ( B - co/y + G.r ) -+ M  B,(t) } z5
y X o z 1
A M  = - yM B,(t) At
z ' y 1
M(At) = M(0) + AM
M  (At) = M  (0) + AM
X X X
= M /0 ) + yM /At)( B^co/y + G.r ) At
M  (At) = M  (0) + AM
y y y
= M  (0) + y { -M  (At)( B - co/y + G.r )
y x o
+ M B ,(t) } At
z 1
M  (At) = M  (0) + AM
z z z
= - yM  (At)B/t) At 
Substitute for M  (At) in equation (A4.2) :
M  (At) = M  (0) 
y y
+ y { -M /0 ) + yM /At)( BQ-co/y + G.r ) 
x At( B - co/y + G .r ) + M B ( t )  } At
o z 1
Substitute for M (At) in equation (A4.4) :
(A4.1)
(A4.2)
(A4.3)
(A4.4)
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M y(At) = M  (0) + yAt { -yM At( B^- co/y + G.r )2 
+ B (At)2- M  (0)( B - co/y + G.r )
1 x o
+ M  (O)B.(At)) (A4.5)
z 1
Rearranging (A4.5) :
M  (At) =-M x(0 )yA t( B o-co/y + G .r  ) + M y(0) + M z(0 )yA tB (A t) 
( 1 + /A t2/ ( Bo-C0/y + G.r )2 + Bj/At)2 )
(A4.6)
Substitute (A4.6) into (A4.1)
M  (At) = M  (0)
X X
+ y A t(B o-co/y+G.r)(-Mx(0 )yA t(B o-co/y+G.r)+M  (0 )+M z(0 )yA tB (A t))
( 1 + y2At2(( Bo-co/y + G.r )2+ B f(At)2)
(A4.7)
Substitute (A4.6) into (A4.2)
M  (At) = M  (0)
z z
+ yAtBi (A t)(-M x(0 )yA t(B o-co/y+G .r)+M y(0 )+M z(0)yA tB (A t))
( 1 + y2At2(( BQ-co/y + G.r )2+ B /A t)2)
(A4.8)
These solutions are iterative : so t h e  components of 
magnetization can be calculated for any number of time increments.
Flow can also be incorporated into the solution.
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APPENDIX 5
Divergence Theorem74
J J J div V  dt = J J  V.n do
X Ox
where x represents a volume, 3x means the closed surface of x
vector and n a unit vector.
A P P E N D IX  6
Theorem of the Central Limit75
Provided the sample size is sufficiently large, the mean oi 
one random sample X^ can be considered to be a score from a 
distribution that is centred on p. and that has a standard 
equal to a/V.n. Where |i is the mean value, a  is the variance 
is the number of samples.
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, V  a
: only 
normal 
error 
and n
APPENDIX 7
The following computer program is an example of one used to 
calculate gradient factors for a sequence.
#include <stdio.h>
#include <math.lib>
#define gamma 2.675le+8 
#define pi 3.1415927
int te_int, dur_int, start_int[20], ramp_time[20];
float start_float[20], dur_float[20], ramp_time_float[20];
float ramp_time[20];
int i, j, t, no_pulses;
float dur[20], start[20];
float f_ar[16002], f, SUMf2, SUMff, te;
float gradient[61002], gval[20];
float b[3], btot;
float gmax[20];
char ch;
int ax;
main()
{
printf("This program calculates the b-factor"); 
printf(’Vnter the number of pulses "); 
scanf("%d", &no_pulses);
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printf("\nenter echo time (in msecs) ");
scanf("%f", &te);
te_int=te*80;
for (ax=0; ax<3; ax++)
{
for (i=0; i<no_pulses; i++)
printf("\nls the gradient a half-sine shape ?); 
printf("(y or n) "); 
scanf("%ls",&ch); 
if ( c h = y )
printf("\Enter maximum gradient strength"); 
printf(" (in T/m) "); 
scanf("%f", &gmax[i]);
ptintf("\Enter start time (in msecs) "); 
scanf("%ff, &start[i]); 
start_int[i]=start[i] * 80; 
start_float[i]=start„int[i];
printf("\nEnter duration (in msecs) "); 
scanf("%f, &dur[i]); 
dur_int[i] =dur [i] * 80; 
dur_float[i]=dur_int[i];
for (j=0; j<dur_int[i]-1; j++)
{
t=j+start_int[i]+l;
gradient[t]=gmax[i]*sin
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(pi*((t-start_float[i])/
dur_float[i]));
}
}
else if (ch— V )
{
printf(’\Enter gradient strength (in T/m) "); 
scanf(''%f', &gmax[i]);
printf(”\nEnter start time (in msecs) "); 
scanf("%ff, &start[i]); 
start_int[i]=start[i] * 80;
printf(”\nEnter duration of ramp (in ms) "); 
scanf("%f, &ramp_time[i]); 
ramp_time_int[i] =ramp_time[i] * 80;
printf("\nEnter duration of g (in msecs) "); 
scanf("%f', &dur[i]); 
dur_float[i]=dur_int[i];
start_float[i] =start_int[i]; 
dur_float[i]=dur_int[i]; 
ramp_time_float[i] =ramp_time_int[i];
for (j=0; j<ramp_time_int[i]; j++)
t
t=j+start_int[i]+1;
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gradient[t]=gmax[i] 
*j/ramp„time„float[i];
}
for (j=0; j<dur_int[i]; j++)
{
t=j+start_int[i] n-ramp_time_int[i]+1; 
gradient[t]=gmax[i];
}
for (j=0; j<ramp_time_int[i]; j++)
{
t=j+start_int[i] +ramp_timejnt[i]) 
+dur_int[i]+l; 
gradient[t]=(-gmax[i] 
*j/ramp_time_float[i])+gmax[i]);
}
}
}
f_ar[0]=0;
SUMf2=0;
for (i=0; i<te_int; i++)
{
t=i+l;
f_ar[t]=f_ar[t- l]+gradient[t]; 
gradient[t]=0;
SUMf2=SUMf2+(f„ar[t]^f„ar[t]);
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if (t==te_int/2)
{
f_f_ar[t];
}
}
SUMff=0;
for (i=0; i<te_int/2; i++)
{
t=i+(te_int/2; i++)
SUMff=SUMff+f_ar[t];
}
b[ax]=gamma* gamma* (SUMf2-4*f* SUMff+2*f*f*te_int) 
/512e+12;
}
btot=b[0]+b[ l]+b[2];
printf("b is % g (in s/m2)", btot);
}
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